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Everything should be made as simple as possible, but not simpler.
Albert Einstein

Abstract | Resum
Abstract - The human spine acts as a scaﬀold for the entire body by providing
mechanical support and mobility of the torso while protecting the spinal cord and
nerves from the external loads transferred during daily activities. Such loads are
largely controlled by the stabilizing action of spine muscles and inﬂuence the bio-
physical regulation of the intervertebral discs (IVD) through complex biomechanical
interactions. Numerical models have been important tools for the translation of the
external forces into speciﬁc distributions of internal loads that otherwise cannot be
easily measured directly in the lumbar spine. This PhD thesis used the predictive
ability of constitutive equations to reﬂect the basic mechanical properties of the
lumbar IVD and muscles in order to explore the interplay between disc multiphysics
and muscle activity on the healthy and degenerated spine.
At ﬁrst, an extensive review of the existing experimental and numerical studies re-
ported for the estimation of lumbar spinal loads was performed focusing on the
representation of muscle role. The three-element Hill approximation that takes into
account the internal constitution of the tissue, i.e. active and passive components,
to model skeletal muscle mechanics was detailed, and the poro-hyperelastic formu-
lations used for IVD modeling were also discussed. A new constitutive equation
assembly was proposed for the description of back muscle contraction involving one
active parameter that was controlled via strain-based criteria and four passive pa-
rameters. For the latters, literature-driven values were initially deﬁned, while a
parametric study was designed for the active parameter by proposing activation
thresholds related to the stretch level. As a next step, an optimization scheme was
developed to deﬁne a full set of calibrated parameter values for each muscle fascicle
using force estimations from the analysis of a reported lumbar spine (LS) rigid body
(RB) model based on the measured kinematics of the vertebra.
To test the robustness of the constitutive muscle model proposed, a L3-S1 ﬁnite
element (FE) model was developed with a generic geometry that included 46 back
muscle fascicles and all passive tissues. Simulation of forward trunk bending (10°
ﬂexion) showed that the predicted force development increased progressively in cau-
dal direction. The intradiscal pressure (IDP) values calculated were in good cor-
relation with previous in vivo measurements showing the ability of the model to
capture realistic internal load distributions. Then, to represent standing posture,
the gravity loads were deﬁned by considering the heterogeneous distribution of body
vii
volumes and densities along the trunk. This simulation was also coupled to a pre-
vious simulation of 8-hour free IVD swelling to mimic the disc hydration taking
place overnight. Disc swelling led to muscle activation and muscle force distribu-
tions that seemed particularly appropriate to counterbalance the anterior body mass
eﬀect in standing, pointing out the likely existence of a functional balance between
stretch-induced muscle activation and IVD multiphysics.
A geometrical extension of the generic FE model was then performed to incorporate
all relevant tissues of the full lumbar osteoligamentous spine and include in total
94 muscle fascicles arising from the L1-S1 levels. Simulations of standing and lying
position were repeated and the eﬀect of previous rest (PR) and muscle presence
(MS) on internal loads was explored. Predictions of muscle forces revealed that
notably higher muscle activations were required in simple standing, while when PR
was considered, the total load transferred to the LS was altered from compressive
to tensile forces. Overnight, the predicted IDP increase reproduced previous in vivo
measured data. Both PR and MS were found to aﬀect the intersegmental rotations
(ISR) particularly at the upper lumbar levels. When degenerated material properties
were used for the discs, up to 14 times higher active forces were developed in standing
with PR, and the IDP was decreased at all levels but L5/S1 compared to the values
predicted with healthy discs.
At last, the previous workﬂow was coupled to a L1-S1 FE model of a patient LS
model that was simulated using patient-speciﬁc (P-SP) and condition-dependent
tissue material properties. In standing, an asymmetrical fascicle activation with in-
creased shortening of the left side fascicles and a lateral bending of the trunk was
predicted. The decreased swelling capacity of the degenerated discs was associated
to an increase of the muscle activations needed to balance the gravity loads that
tended to ﬂex forward the P-SP spine model. In standing without MS and PR, an
alternating pattern of forward-backward bending especially between the upper two
levels was predicted. Comparisons in terms of IDP predictions for both generic and
P-SP models with healthy disc properties revealed that introducing P-SP geome-
tries gave better correlations with in vivo data. Given the diﬃculties to evaluate
the predicted muscle forces against in vivo measurements, such outcome greatly
contributed towards a full validation of the methodology proposed. In spite of some
limitations, this approach allowed to explicitly and rationally explore the interactions
between muscle function and passive tissue biomechanics in the LS. The information
provided could help clinical decision for patients whom source of back pain is unclear.
Resum - La columna vertebral proporciona suport mecànic al tors alhora que
protegeix la medul·la espinal i els nervis de les forces externes transferides durant
les activitats diàries. Aquestes forces són controlades en gran part pels músculs
espinals i inﬂueixen en la regulació biofísica dels discos intervertebrals (IVD). Els
models numèrics han estat eines importants per a la traducció de les forces externes
en càrregues internes que d'altra manera no poden ser fàcilment mesurades directa-
ment. Aquesta tesi utilitza la capacitat predictiva de les equacions constitutives per
considerar les propietats mecàniques dels discs lumbars i dels músculs i explorar la
interacció IVD-múscul a la columna vertebral sana i degenerada.
Es va realitzar una revisió de l'estat de l'art dels mètodes reportats per l'estimació
de les càrregues, i es van detallar particularment el model muscular de Hill i les
formulacions poro-hiperelàstics utilitzades per a la modelització del disc. Es va
proposar un model novedós d'equacions constitutives implicant un paràmetre actiu
controlat a través de criteris basats en la deformació, i quatre paràmetres passius.
Per aquests últims, es van deﬁnir uns valors inicialment basats en la literatura,
mentres que pel paràmetre actiu es va realitzar un estudi paramètric per proposar els
llindars d'activació relacionats amb l'estirament. A continuació, es va desenvolupar
un esquema d'optimització per deﬁnir un conjunt complet de valors calibrats per
fascicle utilitzant estimacions de forces d'un model de cos rígid de la literatura basat
en la cinemàtica de les vèrtebres mesurada.
Per comprovar la robustesa del mètode, es va desenvolupar un model L3-S1 d'elements
ﬁnits (FE) incloent 46 fascicles musculars i tots els teixits passius. La simulació de
ﬂexió anterior va mostrar que les forces musculars predites van augmentar en direc-
ció caudal. Les prediccions de pressió intradiscal (IDP) es van correlacionar amb
mesures in vivo mostrant així la capacitat del model per capturar les càrregues
internes reals. Per simular la posició d'empeus, les càrregues de gravetat es van
deﬁnir considerant la distribució heterogènia dels volums del cos al llarg del tronc.
A més, aquesta simulació es va acoblar amb un inﬂament previ del IVD de 8 hores
per imitar la hidratació del disc durant la nit. L'inﬂament del disc va induir acti-
vació muscular i una distribució de forces que semblaven particularment apropiades
per a contrarestar les càrregues de gravetat, assenyalant la probable existència d'un
equilibri funcional entre l'activació muscular i la multifísica del disc.
Després es va realitzar una extensió geomètrica del model per incorporar tots els
teixits pertinents de la columna lumbar completa incloent un total de 94 fascicles.
L'efecte del repòs previ (PR) i la presència de múscul (MS) sobre les càrregues
internes va ser explorat en posició d'empeus i estirada. Durant la nit, l'augment de
l'IDP computat va conﬁrmar dades anteriors in vivo. Quan es van deﬁnir propietats
degenerades als discs, es va predir una disminució general de l'IDP i una activació
ﬁns a 14 vegades més alta en peu amb PR. Per últim, les simulacions es van repetir
utilitzant un model L1-S1 FE de pacient amb propietats del material especíﬁcs pel
pacient (P-SP) i dependents de la condició del teixit. D'empeus, es va predir una
activació asimètrica a la banda esquerra i inclinació lateral. La disminució de la
capacitat d'inﬂament dels discs degenerats es va associar a un augment de l'activació
muscular necessària per equilibrar les forces de gravetat que tendeixen a ﬂexionar
el tronc. La bona correlació dels resultats de l'IDP en el model P-SP amb discos
sans amb dades in vivo va contribuir a la validació del mètode presentat. Malgrat les
seves limitacions, aquest enfoc va permetre explorar de manera explícita i racional les
interaccions entre la funció muscular i la biomecànica dels teixits passius i contribuir
a l'enteniment de l'origen de mal d'esquena.
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Chapter 1
Introduction
1.1 Background and motivation
Recent ﬁndings suggest that prolonged times of sedentary behaviour in modern
societies, as well as the lack of physical activity, highly increase the risk of chronic
musculoskeletal disorders. Though statistics vary among diﬀerent epidemiological
studies, low back pain (LBP) is one of the major health problems in industrialized
countries resulting as one of the largest causes of absence from work [1]. To quote
the deﬁnition given by the World Health Organization (WHO): LBP is neither
a disease nor a diagnostic entity of any sort. The term refers to pain of variable
duration in an area of anatomy aicted so often that it has become a paradigm of
responses to external and internal stimuli (...) such pain ranks high (often ﬁrst) as
a cause of disability and inability to work, as an interference with the quality of life,
and as a reason for medical consultation [2].
Based on regional cross-sectional data available in the literature, the incidence and
one year prevalence of LBP are roughly the same the world over (Fig. 1.1). In terms
of lifetime prevalence, studies reported that the percentage might overcome 80% [3].
Back pain aﬀects both men and women and most frequently occurs between 30 and
50 years of age. As pain episodes can be either punctual or periodic, it is suggested
that prevalence numbers related to a speciﬁc period may give a more accurate pic-
ture of the problem. That is, while about 20-40% of adults may experience LBP
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over a period of one month, when a one-year period is considered, these percentages
may rise up to 72% in Europe and Canada [4]. Although these numbers might seem
very high, estimates also vary in relation to the severity and to the duration of the
symptoms, and depend on whether the pain limits daily activities. For example,
LBP can be classiﬁed by duration as acute (short-term, usually less than 6 weeks),
sub-chronic (lasts 6 to 12 weeks) or chronic/severe, that may last for years. Actu-
ally, in the latter case, the prevalence per year may fall to around 12% [5]. Several
studies performed so far to evaluate the social and economic impact of LBP used
a number of variables such as lost salaries, lower productivity and company prof-
itability. Findings showed that back pain imposes an enormous economic burden
on individuals, families and governments. Particularly in Europe, work absenteeism
accounts for 75% of a total of 7000e annual direct cost of LBP per patient prior
to any rehabilitation intervention [6], whereas in the USA, the respective cost may
reach up to $20 billions per year [7].
Figure 1.1: Annual and lifetime prevalence of back pain based on previous regional
cross-sectional studies.
Nowadays, the most common ways to treat LBP is with analgesics, steroid injections
or surgical interventions, such as discectomy, laminectomy, fusion or IVD substitutes.
Alternative strategies include rest, rehabilitation, acupuncture or exercise programs
involving stretching and strengthening. In short-term, such practices may oﬀer
an important pain relief to the patient. However, they do not stand for eﬀective
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treatments in the mid/long-term resulting often to pain resurgence. Indeed, because
of its anatomy, the spine structure protects the major nerve root of the human body
and as such, an inappropriate treatment technique may quickly lead even to recurrent
surgery [8].
Surprisingly, the origins of LBP are rarely addressed and only in few instances does
a direct link to some deﬁned organic disease exist. The possible pain mechanisms
are several and likely complex, such as irritation of nerve roots caused by disc pro-
trusion in the spinal canal or immunological and inﬂammatory responses of the
surrounding spine tissues ([9], [10]). Premature ageing changes that can alter the
mechanical behavior of the disc [11], neuropathic alterations like nerve ingrowth
into degenerated discs ([12],[13]) and disc bacterial infections in patients with sci-
atica [14] could also explain the feeling of pain. Yet, evidence suggests that the
major cause of back-related symptoms, such as muscle spasms ([15], [16]), is IVD
degeneration. Altered disc condition was suggested to be signiﬁcant also in sciatica
and lumbar spinal stenosis ([17], [18]). However, the extent of such role of the disc
is still unclear. Studies over the past decade associate disc degeneration to age,
gender, smoking [19], and to genetic [18] and occupational factors, e.g. improper
lifting and vehicular vibration [20]. At the same time, multi-variable analyses re-
veal that an important ﬁgure between 25 and 50% of occurrences and progression
of disc degeneration especially at the lower lumbar region remains unexplained [21].
These unidentiﬁed factors are likely to involve complex mechanobiological and mul-
tiphysics interactions in the IVD [22] under the inﬂuence of the external mechanical
loads transferred through the back muscles.
As such, careful analysis of the muscle activity is needed for the translation of the
external loading into speciﬁc distributions of internal loads among the surrounding
spine tissues. Still, to our knowledge, limited research has been conducted to include
the contribution of muscle mechanics in spine studies, either through experimental
or numerical models. Experimentally, the obvious complexity of direct measure-
ment of muscle loads has been addressed through alternative, indirect techniques
to quantify the muscle activity, such as EMG signals or force plate measurements.
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A way to interpret these data as load magnitudes is to use mathematical formu-
lations. For instance, kinematical models can derive the muscle forces at diﬀerent
spine levels by performing inverse dynamics or/and optimization analyses based on
the measured motion data ([23],[24]). Nonetheless, these approaches do not take into
account neither the muscle mechanical properties nor the parameters aﬀecting the
force development, such as force-length, force-velocity relations. Furthermore, few,
if any, consider the nonlinear and time-dependent passive resistance of the interver-
tebral joints that is probably another important limitation. Meanwhile, weakness
or fatigue of back muscles is thought to be another risk factor for LBP ([25], [26])
raising an issue on whether such condition has an impact on the functional biome-
chanics of the spine. Recently, diﬀerent studies intended to address this concern
by representing the muscle dynamics through force-generating springs and damper
systems in kinematical models ([27], [28]). This concept increases our understand-
ing of spine kinematics, such as lumbar lordosis variations between the reference
and ﬁnal positions. However, its predictive ability remains limited given the depen-
dence of the estimated set of forces on the speciﬁc kinematical input. Above all,
though, these approaches still cannot address the possible connections between IVD
and muscle function to decipher the cause-eﬀect relations that inﬂuence the spine
mechanical response. Therefore, a predictive lumbar MS model that combines as
many of the mechanical and biological aspects above-mentioned would be of a great
clinical interest to explore the degenerated spine biomechanics in a patient-speciﬁc
manner.
1.2 General aims and outline of the thesis
The ambition of this thesis is the application of continuum mechanics theories to
capture the functional interactions between muscle activation and IVD multiphysics
using a FE-predictive lumbar spine model. The present work aspires to apply con-
stitutive formulations for the hyperelastic and osmo-porohyperelastic behaviour of
the muscle and disc tissues, respectively, and predict the load transfers of exter-
nal static forces to the surrounding spine tissues in diﬀerent trunk positions. The
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objective involves: (i) the coupling of such models to diﬀerent generic and P-SP
FE musculoskeletal (MSL) geometries of the LS, (ii) the exploration of the eﬀect of
condition-related material properties based on P-SP experimental data and math-
ematical formulations, and (iii) the analysis of the contribution of muscle function
to the mechanical stabilization of the healthy and pathologic spine. The aims are
discussed and organized as follows:
 Chapter 2 includes a detailed description of the anatomy, physiology and
biomechanics of the most important tissues of the human LS, i.e. the vertebrae,
IVD, ligaments and muscles, with a literature review focused on the physical
properties of the latter. Previous experimental and numerical studies reported
for the estimation of spinal loads will be extensively reviewed. The Hill-type
three-element theoretical model for the simulation of muscle contraction, and
the poro-mechanical theory for the modeling of the solid and ﬂuid parts of the
IVD tissues will be presented as well.
 Chapter 3 presents a novel hyperelastic, quasi-incompressible and transversely
isotropic constitutive assembly developed to model the active and passive be-
havior of the lumbar muscles. A literature-based exploration of the muscle
material parameter values will be detailed as well as a parametric study for
the deﬁnition of the active parameter. Moreover, an optimization study will
be developed and discussed for the P-SP calibration of all muscle material pa-
rameters per fascicle using force estimations from a kinematics-driven (KD)
analysis of a previously reported LS patient model.
 Chapter 4 describes the development of a generic L3-S1 FE MSL model of a
healthy spine based on an already existing model of the L3-L5 osteoligamentous
spine. The creation of the muscle network involving the fascicles of the mul-
tiﬁdus, erector spinae, and psoas major muscles through uni-directional truss
elements and the coupling with the osteoligamentous mesh will be detailed.
The L3-S1 model will be used to simulate two diﬀerent postures: ﬂexion and
standing. The scheme designed for the deﬁnition of the gravity load distribu-
tion in standing will be described. In order to evaluate the robustness of the
proposed constitutive model, the predictions of muscle loads, strains and IDP
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per level in both postures will be discussed and when possible compared to
other experimental and numerical studies.
 Chapter 5 is dedicated to the development and analysis of full L1-S1 FE
models, both healthy (generic) and degenerated (P-SP). The extension of the
muscle network described in Chapter 4 will be presented here. Diﬀerent sets
of healthy and condition-related material parameters for the IVD will be sum-
marized for each model based on reported studies in the literature. The same
spine postures will be simulated: standing and lying (night rest). Explorations
will include the prediction of active and total muscle forces, fascicle strains,
IDP and spine kinematics using both geometries. Particular focus will be
given in the assessment of the interactions between the IVD multiphysics and
muscle activity overnight and the eﬀect of such interplay on the load transfers
in standing. Comparisons between the IDP predictions using the generic and
P-SP geometries and either sets of IVD material properties against in vivo
measurements will be also performed for an indirect validation of the approach
proposed.
 Chapter 6 summarizes the conclusions and general discussion of the main
outcomes of the present thesis as a whole.
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Chapter 2
Functional anatomy of the human
lumbar spine: state-of-the-art
2.1 The whole spine
The human spine or vertebral column is a complex anatomical structure composed
of bony and cartilaginous elements and supported by robust spinal ligaments and
muscles. All of these elements are important to the structural integrity of the spine.
The spine provides three vital functions: protection of the spinal cord and nerves,
mechanical support of the body, and mobility by acting as a ﬂexible axis for move-
ments of the head and torso. As such, the vertebral column can be considered as a
scaﬀold for the entire body positioned posteriorly at the midline.
2.1.1 Structure
The normal spine (Fig. 2.1) consists of 24 articulating vertebrae named according
to the distinct section of the spine, and 9 fused vertebrae at the sacrum and coccyx
region. At the upper segment, the cervical spine is composed of seven vertebrae
(C1-C7, from superior to inferior). The atlas (C1) articulates the spine with the
skull enabling to nod forward (ﬂexion) or tilt back (extension), while the axis (C2)
allows the skull and atlas to rotate axially. In the middle segment, 12 vertebrae
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(T1-T12) are articulated to the rib cage via synovial joints forming the thoracic
spine. The lumbar spine follows between the rib cage and the pelvis consisting of
ﬁve vertebrae (L1-L5), which are the largest of the vertebral column and will be
detailed in Section 2.2. All articulating vertebrae but C1/C2 are separated from
each other by IVDs. Inferior to the lumbar vertebrae and at the lowermost section
of the spine, ﬁve fused vertebrae comprise the sacrum (S1-S5), a large triangular
bone wedged between the two hip bones, and three to ﬁve fused vertebrae compose
the coccyx, the ﬁnal segment of the vertebral column often referred to as the human
tailbone.
Figure 2.1: Representation of the human spine geometry and its various parts (ﬁgure
adapted from [29]).
2.1.2 Spinal vertebrae
In general, the articulating vertebrae have quite similar geometry and their size in-
creases in caudal direction. The increase of the transverse diameter may be explained
by the successively greater load needed to be carried as we move from top to bottom.
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Fig. 2.2 shows the common vertebral shapes in the cervical, thoracic and lumbar
spine. A typical vertebra can be divided in two basic regions: a vertebral body
(VB), which is the weight bearing part of the bone, and a vertebral arch anchored
posteriorly where a number of processes arise for muscle and ligament attachment
and for articulation with the adjacent vertebrae. The bone in both regions is com-
posed of an outer cortical shell that is thin on the superior and anterior surfaces of
the VB and thicker in the vertebral arch and the processes. The functional anatomy
of each region is detailed for the LS in Section 2.2. Together, these parts form the
vertebral canal or foramen, i.e. the central opening that encloses and protects the
spinal cord. The foramen is the main pathway of the nervous system for information
and extends from the brainstem to the lumbar region.
Figure 2.2: Superior view of common vertebral shapes in the cervical, thoracic and
lumbar spine (adapted from [29]).
2.1.3 Shape
In the womb and as a newborn infant, the human spine is concave anteriorly forming
one primary (P) C-shaped curve from the cervical down to the lumbosacral region
[30], and another one through the pelvis anterior inclination known as kyphoses
(Fig. 2.3A). As the infant begins to lift their head from the prone position (about
3 to 4 months after birth), cervical muscles gain strength forcing the formation of
a secondary (S) antagonistic curve with a concave posterior shape, i.e. the cervical
lordosis, between T2 and T12. The cervical lordosis is further accentuated by the
age of 9 months when the infant gradually sits upright and stabilizes their head.
When he or she begins walking upright (between 9 and 18 months after birth),
the abdominal wall muscles are toned and the centre of gravity is shifted into a
vertical line. To sustain the body in an erect position, the erector spinae muscle
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(extensor group of the human back) pulls the LS creating the lumbar lordosis, the
second posteriorly concave curvature that extends from T12 to the L5/S1 IVD. The
greatest portion of the curve is at the lower LS. Generally, the lumbar lordosis is
more prominent than the cervical lordosis.
Figure 2.3: Evolution of primary (P) and secondary (S) curvatures of the vertebral
column from (A) infants to (B) adult, and (C) aged subjects (adapted from [30]).
Eventually, a natural sinusoidal shape is seen in the sagittal plane in adult spines
consisting of two kyphoses and two lordoses (Fig. 2.3B). The spine curves, along with
the IVDs and VBs, act to dissipate the increased loads that would occur during daily
activities in case of a straight spine [31]. Previous measurements revealed that the
spine shape is adapted depending on the posture in order to maintain the balance of
the trunk. The lumbar lordosis and the thoracic kyphosis are increased when passing
from supine to standing position [32]. In standing, De Carvalho et al. reported that
the lumbar lordosis is greater than in sitted position [33]. During forward ﬂexion,
Black et al. found that the increase of the cervical lordosis compensates the decrease
of the lumbar lordosis [34]. Interestingly, aged adult spines may show an increased
kyphosis angle (Fig. 2.3C) that may simply cause pain or even cause multiple MSL
and neuromuscular impairments in the case of hyperkyphosis [35].
2.1.4 Spinal innervation
The spine is associated with a variety of nerves, the central focus of which belongs in
the peripheral nervous system (PNS). The PNS communicates the central nervous
system (CNS), i.e. the brain and spinal cord, to the rest of the body through the
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spinal and cranial nerves. The spinal nerves are attached to the spinal cord by a
posterior and an anterior root and have a mixed sensory and motor aspect.
Peripherally, i.e. outside the spine, each spinal nerve branches into a dorsal (pos-
terior) and a ventral (anterior) ramus (Fig. 2.4). The dorsal ramus innervates the
intrinsic muscles, such as the multiﬁdus and erector spinae, and the adjacent skin
of the back and across the iliac crest. Divisions of its medial branch supply also the
zygapophysial joints (Z joints) of the vertebra that are discussed in Section 2.2.1.3.
Nerves arising from the ventral ramus are much larger, like the sciatic nerve, and in-
nervate the remaining anterior parts of the trunk and the upper and lower limbs, e.g.
the diaphragm, abdominal and limb muscles. Spinal innervation can be aﬀected in
cases of IVD herniation or bone-loss pathologies, such as osteoporosis, which narrow
the size of the foramen where the nerves branch oﬀ of the spinal canal.
Figure 2.4: Spinal nerve organization (adapted from [29]).
2.2 The lumbar back
This section focuses on the functional anatomy of the bony, ligamentous, cartilagi-
nous, and muscular elements related to the lumbar part of the spine. The objective
of this introduction is to familiarize the reader with the terminology and speciﬁc
anatomy of the LS for a better understanding of the numerical analyses presented
in the following chapters of this thesis.
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2.2.1 Vertebrae
The lumbar vertebrae are the largest segments of the human spine and are named
L1 to L5 starting at the top. They form the skeletal support for the posterior
abdominal wall and help sustain the body weight (BW) and allow movement. The
lumbar vertebrae are kidney-shaped and are distinguished from vertebrae in other
regions by the lack of articulating facets with the ribs (thoracic vertebrae) and the
absence of the foramen transversarium in the transverse process (cervical vertebrae)
(Fig. 2.2). A schematic representation of the anatomical details of a typical lumbar
vertebra is shown in Fig. 2.5.
2.2.1.1 Vertebral body
The VB is a box-shaped block of bone surrounded by an outer shell of solid, cortical
bone. It is ﬂattened or slightly concave at the top and bottom, concave posteriorly
and constricted in front and at the sides [29]. Its core comprises the trabecular (or
spongy) bone that endows the VB with weight-bearing thanks to the capacity of
the network of trabeculae struts to sustain both the vertical and shear loads felt
by the vertebrae (Fig. 2.6). As such, VB are optimally designed with the least
amount of bone mass to provide the greatest amount of strength [36]. The cavities
between the trabeculae can be used as channels for nerves and blood supply towards
the bone margins and at the cranial and caudal end of IVDs. In some cases, they
are also a convenient site for the production of blood cells [37]. From a geometrical
standpoint, Masharawi et al. [38] found that VB at L4 and L5 were successively
wider and posteriorly wedged, i.e. taller anteriorly than behind, while the reverse
was true at L1 and L2. L3 VB measurements revealed non-wedged geometries.
According to Pal et al. [39], the VB and the IVD constitute the anterior column for
weight transmission in the lower thoracic and lumbar regions, while the successive
articulations of laminae deﬁne the posterior spine.
The cranial and caudal aspects of the VB named vertebral or bony endplates (BEP),
are vascularized osseous layers located between the VB and the cartilaginous layer
(cartilage endplates, CEP) adjacent to the IVD. Together they form the endplate, a
12
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Figure 2.5: Left lateral and posterior view of a typical lumbar vertebra and its anatomic
details: AP=accessory process; IAF=inferior articular facet; IAP=inferior articular pro-
cess; L=lamina; MP=mamillary process; P=pedicle; SAP=superior articular process;
SP=spinous process; TP=transverse process; VB=vertebral body.
Figure 2.6: Sagittal section of a lumbar VB. Vertical (VT) and horizontal (HT) trabec-
ulae are shown (adapted from [37]).
thin osseochondral structure that is fundamental for the regulation of cell metabolism
in the IVD [40]. The endplate acts as a mechanical interface between stiﬀ bone and
resilient disc by preventing the penetration of the nucleus pulposus into the VB. Actu-
ally, the capillaries of the VB penetrate the permeable BEP and ensure the delivery
of nutrients (glucose, oxygen) to the avascular IVD tissues through the CEP by dif-
fusive transport [41]. The lumbar BEP is fairly ﬂat, relatively weak and thin in the
central region but stronger postero-laterally [42] according to the local resistance to
the mechanical loads transmitted by the anulus ﬁbres. Previous morphological mea-
surements reported that endplates become more elliptical shape from L1 to L5, and
both their depth and areas tend to increase caudally up to L4/L5 level and decrease
at L5/S1 [43]. Davis [44] and Pal et al. ([45]) observed a similar reduction of the VB
surface area from L4 to L5. A priori, the lumbosacral level is expected to sustain
most of the upper compressive loads and a decrease in VB transversal cross sections
would compromise the axial load resistance. Nevertheless, the reduced surface of the
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L5 body seems to be compensated by the presence of strong pedicles and increased
articular facet area at L5/S1 level [45]. Clearly, the functional shape of the posterior
and anterior VB, together with the spine curvature and the muscles are important
elements for the load transfers to the spine.
2.2.1.2 Vertebral arch
The posterior elements of the vertebra are the pedicles and the laminae that form
the vertebral or neural arch, and the processes (Fig. 2.5). The irregular geometric
form of the vertebral arch is a natural adaptation of the vertebrae to receive forces in
diﬀerent directions. Actually, the role of the pedicles, i.e. the pair of bone elements
that connect the VB with the vertebral arch, is to transmit tension and bending
forces anteriorly. The pedicles are more compact and thicker in regions with more
motion, for instance in the upper lumbar regions compared to the almost immobile
pedicles in the thoracic spine. A pair of skew bony plates, the laminae, arise from
each pedicle and progress towards the midline where they fuse. Previous studies
on the trajectory architecture of the trabeculae in the lumbar VB showed that, in
the transverse plane the trabeculae bundles run to reinforce the bone from the VB
towards the laminae and TP as shown in Fig. (2.7) [39].
Figure 2.7: Transverse section of a lumbar vertebrae showing the pattern of trabecula-
tion along the lines of greatest stress (adapted from [37]).
The junction of the two laminae in the midline forms the SP, while at the lateral
fusion of each lamina and pedicle start the TP, a pair of long ﬂattened bony bars.
At the root of each TP, i.e. from the junction of the lamina and pedicle, rise the AP
that extend upwards and downwards forming the superior (SAP) and inferior (IAP)
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articular processes, respectively (Fig. 2.5). The AP possess a hyaline cartilage-lined
articular surface, the articular facet cartilage or facet. Particularly in the lumbar
region, facets have a sagittal orientation facing posteromedially (superior, SAF) or
anteromedially (inferior, IAF) that deﬁnes their biomechanical function accordingly.
This cartilage layer on the facet surfaces is a low-friction interface that, along with
a ﬁbrous articular capsule that surrounds the facet, facilitate the motion and give
stability to the healthy spine. The processes provide areas for muscle and ligament
attachments. The TP are generally thin and long except for the TP at L5, where they
are thicker and cone-shaped for the attachment of the iliolumbar ligaments joining
the L5 vertebra with the ilium [29]. The TP and SP act also as levers for the attached
muscles, e.g. longissimus thoracis (lumbar ﬁbers) or back extensors like multiﬁdus,
respectively. It has been suggested that at L5/S1, about 23% of the total weight is
borne by the posterior elements [45] and is then transmitted to the VB through the
pedicles and the laminae. In case of injured laminae or after laminectomy surgery,
such load transfer to the anterior column would be compromised resulting probably
to excessive strain on the posterior elements. When humans are sitting erect, or
standing in a slightly ﬂexed posture, the loads transmitted per motion segment1
(Fig. 2.8) move the IAF that is pressed against the SAF of the adjacent vertebra
forming two synovial joints, named zygapophysial, facet or simply Z joints in order
to support the spine. The articular facets are not designed to support or transmit
axial compressive loads. However, previous experimental studies found that in a
range between 3 and 25%, facet joints resist about 16% of the compressive forces
in erect standing position (slight extension) [46]. A third joint formed between
the vertebral bodies, i.e. an intervertebral symphysis, is the main weight-bearing
joint that transfers most of this axial load to the vertebra through the IVD. It can
be concluded thus that multiplanar motion of the spine strongly depends on this
three-point support (Fig. 2.8).
1Also called functional spinal unit, is the smallest part of the spine representing all the main biome-
chanical features. It consists of two consecutive lumbar vertebra with its posterior elements and facets, the
IVD between and the surrounding ligaments, without muscles.
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Figure 2.8: Load transmission in a motion segment through the interbody joint (1) and
the Z joints (2,3) (adapted from [37]).
2.2.1.3 Zygapophysial joints
The functional role of the lumbar facets involves preventing excessive bending and
translation between adjacent vertebrae. The ability of the facets to achieve this
depends on their particular morphology that governs the magnitude and direction
of the load transmission. In the transverse plane, the facet curvature varies by
spinal level and also between subjects from almost planar, i.e. ﬂat, to diﬀerent
curvatures. According to Horwitz and Smith [47], the facets tend to have a ﬂat,
planar surface in the lower LS, while at L2/L3 and L3/L4 levels they are more likely
to be curved. Their orientation deﬁned as the angle made by the plane of the joint
with respect to the sagittal plane, ranges from parallel to vertical [37]. The lumbar
facets receive innervation from the medial branch of the dorsal ramus not only at
the level of the joint but also the adjacent superior and inferior levels [48]. This
multilevel innervation is suggested to explain why the feeling of LBP from a Z joint
is described clinically as referring to regions innervated by higher lumbar segments
[49]. In the case of narrowed intervertebral space, i.e. in patients with decreased
height of one or more IVD, there is an increased pressure applied on the facet surfaces
that grows further in postures involving extension of the lumbar region. Therefore,
there is a strong interaction between facet joints and the IVD in order to control the
functional biomechanics of the spine.
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2.2.2 Intervertebral discs
The IVD is an organ that lays between two adjacent VBs and articulates the ante-
rior spine. It is the largest avascular structure in the human body with the lowest
concentration of nutrients (e.g. oxygen, glucose) and the highest concentration of
metabolic wastes (e.g. lactic acid) in its center [50]. Nonetheless, the oxygen concen-
tration at the interface with the VBs is around 50% thanks to the nutrient pathway
via capillaries in the endplates, the latter being the major path of nutrient supply
and waste product elimination.
Figure 2.9: Schematic representation of the anatomy of the IVD and its components
(sagittal cut).
Biomechanically, each IVD is considered to be fully functional when it fulﬁlls the
following roles: (i) load transmission from one vertebra to the other without col-
lapsing, (ii) spine mobility without being injured, and 3) accommodation of the
rocking movements of the vertebrae through its deformation without compromising
its strength. IVDs are made of three major tissues (Fig. 2.9): a central nucleus
pulposus (NP), surrounded by a peripheral anulus ﬁbrosus2 (AF), and two cartilage
endplates (CEP) that cover the top and bottom ends.
Like other cartilagenous structures, the disc is mainly composed of water, collagen
ﬁbers (mainly type I and II), proteoglycans, and of cells distributed throughout the
collagen-proteoglycan matrix. Despite a low cell density in comparison to other
human tissues, disc cells (primarily chrondrocytes and ﬁbroblasts) play a vital role
in the production and break down of the matrix components. Once synthesized
inside the cell, the proteoglycan molecules bind to the collagen, and the negative
2Often spelled also as annulus, despite the word derivation from the Latin anus meaning ring.
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charges of these molecules (carboxylic (COO), sulphate (SO4
2-)) attract the mobile
positive ions of the interstitial ﬂuid leading to disc swelling pressure [37]. The IVD
is an osmotic system that is sensitive to mechanical load and to tissue condition [51].
When the IVD is healthy, loading of the spine leads to an outﬂow of ﬂuid from the
disc that increases the swelling pressure and results in disc height loss. As long as the
ﬂuid ﬂow is controlled, the deformability of the disc is suﬃcient to oﬀer the required
spine ﬂexibility while the hydrostatic pressure in the center (Fig. 2.10A) supports
the weight-bearing capacity of the disc [52]. In rapid unloading of the spine, the
IVD height increases to return to its former state. In prolonged loading however,
because of the viscoelastic behavior of the disc, its height decreases further, while
the swelling pressure increases.
2.2.2.1 Nucleus Pulposus
The NP forms 25-50% of the disc transversal area. Its rather posterior than central
location in the lumbar IVD may be considered as an optimal structural adaptation
to sustain compressive stresses. The NP is a semi-ﬂuid mass of mucoid material
with a high swelling capacity that reaches maximum hydration in adults between
the age of 20 and 30 years [53]. Its primary function is to redistribute external
loads by exerting pressure in all directions thanks to its ﬂuid nature (Fig. 2.10A).
Hence, its mechanical communication with the AF is really important. In normal
conditions, apart from water (70-90%), proteoglycans account for 65% of the dry
weight of NP, and collagen II represents 15-20% of the dry weight [31]. Such tissue
organization attributes high hydrostatic pressure in the disc that is particularly
beneﬁcial for weight-bearing [54] and also provides viscoelasticity acting as a shock
absorber, as discussed previously. During daily activities, the NP can change its
position and shape depending on the external loads [55]. It has been reported that
when the body leans forward to a ﬂexed posture, the NP moves posteriorly [56] and
the IDP increases in relation to its value in erect standing position [57]. MRI [58]
and ultrasound [59] techniques have highlighted the importance of frequent diurnal
variation of activities in order to regain the IVD height. Moreover, previous in
vivo studies reported that in lying position, after 7-8 hours of sleep, the IDP has
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increased approximately by 240% [60] and the body has restored its total height [59].
Interestingly though, prolonged rest has been shown to lead to disc dehydration after
5 weeks of continuous bed rest [61] and to selective back muscle atrophy after 60
days [62].
Figure 2.10: (A) Action of the hydrostatic pressure of the NP on the AF and stress trans-
mission to the adjacent vertebrae through the CEP (adapted from [63]), (B) Quantitative
T2*MRI mapping of a L4/L5 IVD showing the AF, NP and transition zone (adapted
from [64]).
2.2.2.2 Anulus ﬁbrosus
Embryologically, the determination of the AF region is highly associated to the NP
formation. The latter develops from the notochord whose cells are progressively
replaced by ﬁbrocartilage over time. When the outer NP blends with the inner AF
layer [31], a determination of a clear boundary between the two regions is diﬃcult.
Rather, a transition zone (Fig. 2.10B) with a nearly ﬁbrocartilage composition has
been imaged [64] followed by a radial composition gradient towards diﬀerent layers
of the AF [65]. The consideration of a transition zone with homogenized material
parameters has been also numerically suggested to address the ﬂuid ﬂow oscillations
otherwise seen in fast loading of the IVD due to such material discontinuity [66]
(discussed in 2.5.3). From a biochemical standpoint, the AF has a high concentration
of collagen I and II (50-60% of its dry weight) [31] and low content of proteoglycans
(20% of its dry weight). Cells of the outer AF receive their nutrients directly from
capillaries in the surrounding soft tissues. This can explain why in case of injury
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(e.g. IVD tears), the outer AF heals or scars in comparison to the inner AF or NP
regions that do not.
Figure 2.11: Histology and polarizing microscopy images showing the collagen type and
ﬁber orientation in the IVD (adapted from [67]).
Collagen ﬁbers are arranged in concentric layers (lamellae) that peripherally sur-
round the NP. Collagen type I is stiﬀer than type II and is largely concentrated
in the outer AF [68] (Fig. 2.11) whose thin posterior portion creates IVD struc-
tural weakness. Indeed, the presence of the posterior longitudinal ligament (PLL)
that penetrates the outer AF layer and blends with the collagen ﬁbers posteriorly
is suggested to further attribute to the disc resilience. Collagen type II is found in
higher concentration towards the center of the disc as shown in Fig. 2.11. Type I
ﬁber orientation in all lamellae is between 65 − 70° to the vertical axis [37], while
between adjacent lamellae, a criss-cross pattern is present. Biomechanically, such
organization makes the AF be functionally adapted to withstand any type of shear
deformations. In the outer region, some lamellae extend directly to the vertebrae via
Sharpey's ﬁbers (Fig. 2.10A), while the inner ﬁbers (about 2/3 of AF) are anchored
to the CEP [31]. Therefore, in healthy conditions, by totally enclosing the NP, the
AF ﬁbers resist the lateral pressure exerted by the NP and assist the load-bearing
capacity of the IVD.
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2.2.2.3 Cartilage endplate
The CEP is a cartilaginous layer at the BEP/IVD junction with a heterogeneous
composition similar to that in articular cartilage; proteoglycans account for 20%
(mean value) and water for 55% [40] of its dry weight. It owes its ﬁbrocartilage
nature to the collagen ﬁbers of the inner AF that, as discussed before, insert into the
endplate and run parallel to the plane that separates the CEP and the NP, forming
more or less a capsule around the NP [37] (Fig. 2.10A). Because of these ﬁbrous
attachments, the CEP is strongly bound to the IVD but not the VB bone. As such,
it is susceptible to mechanical failure. Actually, previous numerical [69] and autopsy
[70] studies conﬁrm that the endplate ﬁrst becomes separated from the subjacent
bone and then herniated from the IVD. Yet, its role on the mechanical function of the
spine remains unclear. In fact, its mechanical characterization has been only recently
studied experimentally [71]. CEP poromechanics has been suggested to control the
ﬂuid exchanges between the IVD and the vertebrae in a direction-depended way
and are, thus, responsible to ensure that all the ﬂuid expelled during loading is
recovered during rest states ([72], [73]). The fact that the CEP assumes an essential
gateway for nutrient transport into the inner region of the IVD correlates well with
the measurements of thinner CEP and BEP at the centre [40] as well as the higher
porosity reported for the BEP in the region [74].
2.2.3 Ligaments
The ligaments, together with the muscles and tendons, are the elements that re-
inforce and support the joints between the vertebrae during rest and activity. Im-
portantly, they help to prevent injuries of the spine due to excessive motions, such
as hyperextension and hyperﬂexion. From a topographic point of view, the lum-
bar ligaments can be classiﬁed into four groups; the ventral or anterior ligaments
that interconnect the VB, the dorsal or posterior connecting the bony posterior ele-
ments, the iliolumbar ligament, and the minor ligaments, such as the intertransverse
ligament, that connect two distinct points of the same VB.
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The ventral group comprise the anterior (ALL) and posterior (PLL) longitudinal
ligaments. Both ALL and PLL have polysegmental disposition throughout the spine
and are richly innervated which makes them highly sensitive to pain [49]. Since they
are mainly composed by collagen ﬁbers, they have high tensile strength, and their
viscoelastic behavior acts synergistically with the creep behavior of the IVD tissues
discussed before. The dorsal ligaments in an antero-posterior order of location are
the ligamentum ﬂavum (LF), the capsular (CL), the supraspinous (SSL) and the
interspinous (ISL) ligaments. As reported by Bogduk [37], these ligaments form a
continuous network and their primary function is to resist externally applied ﬂexion
of the spine [46].
The existence of Iliolumbar ligament (ILL) has been controversial among previous
studies; it has been reported to be present by 11.5 weeks of gestation in the study
of [75], whereas Luk et al. [76] suggested that it is muscular at birth and not a fully
developed ligament until the third decade of life. The anatomy and morphology of
the ligament has been also reported in many articles with considerable discrepancy
([76], [75], [77], [78], [37], [79]). As a whole, the ligament is a strong bond between
the L5 vertebra and the ilium functioning to stabilize the L5/S1 junction and to
prevent forward sliding of L5 [37]. Aihara et al. [80] concluded that its short
posterior portion is associated to great disc degeneration at L4/L5 level with the
L5/S1 disc being protected. The ILL also limits ﬂexion, extension, lateral bending
and axial rotation of the last lumbar vertebra [81]. The intertransverse ligament
(ITL) comprises sheets of connective tissue extending from the upper edge of one
TP to the lower edge of the TP above without speciﬁc lateral borders. A previous
numerical study showed that, under rotation, ITL removal had very limited eﬀect
on the ROM of a L3-L5 osteoligamentous conﬁguration, but it was suggested to play
a role in the load distribution to the spine tissues [82].
2.2.4 Muscle anatomy and physical properties
Muscles are another important structure of the back thanks to their multiple role
in the normal functioning of the spine. They are voluntarily controlled and belong
to the skeletal type, i.e. elements attached to the skeleton via tendons. Apart from
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their ability to create a variety of spinal movements, several of the back muscles
also serve to maintain posture [83] and to disperse the externally applied loads with
the purpose of protecting the spine [84]. Hence, since the mechanical behavior of
the muscle-tendon unit is highly determined by the muscle architecture, a thor-
ough understanding of the anatomy and function of skeletal muscles is fundamental.
The following sections describe the physiology and structural arrangement of these
muscles and their eﬀect on force and/or rate of contraction via the force-length,
force-velocity and activation relationships.
2.2.4.1 Anatomy
Figure 2.12: Structural hierarchy of skeletal muscle
from muscle to myoﬁlaments.
Muscles are separated by the fas-
cia, a band of connective tissue
that surrounds and stabilizes the
muscles and other internal organs.
Interiorly, each muscle is covered
by another connective sheath, the
epimysium, which in its turn en-
closes the perimysium, a layer of
collagenous connective tissue that
surrounds the fascicles. The lat-
ter are bundles of muscle ﬁbers
(also called myocytes) bound to-
gether via the endomysium tissue
that provides pathways for the pas-
sage of blood vessels and nerves.
The ﬁbers are long and cylindri-
cal, multi-nucleated cells that are
the smallest contractile units of the
skeletal muscles. They develop from a fusion of precursor cells known as myoblasts in
the process of myogenesis, and they run parallel to each other within a muscle. Like
other cells, ﬁbers have a cytoplasm, called sarcoplasm, which is ﬁlled with signiﬁcant
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amounts of glycogen and myoglobin, and mitochondria between parallel bundles of
myoﬁbrils.
The myoﬁbrils attach to the sarcolemma, the plasma membrane that is the site of
action potential conduction, and they are surrounded by the sarcoplasmic reticulum
that serves to store the calcium ions needed to cause a muscle contraction. They
are composed of long proteins, such as actin, myosin, and titin. These proteins are
organized in ﬁlaments that repeat along the length of the myoﬁbril and form the
units known as sarcomeres attributing the characteristic striated appearance to the
muscle. The sliding between the myoﬁlaments to form cross-bridges is the essential
mechanism of muscle contraction.
2.2.4.2 Cross-bridge theory
The consecutive articles of H.E.Huxley and Hanson [85] and A.F.Huxley and Niederg-
erke [86] introduced the idea that muscle shortening during contraction of striated
muscles is probably caused by the sliding between actin (thin ﬁlament) and myosin
(thick ﬁlament), named the sliding ﬁlament theory. The hypothesis proposed that
the sliding happens using the energy produced by the hydrolysis of adenosine triphos-
phate molecules (ATP). This chemical process causes a sequential formation of cross-
bridges, i.e. independent force generators, such that the whole muscle ﬁber shortens
and the muscle contracts. The mechanism was published in 1957 as the cross-bridge
theory [87], and the dynamic nature of this interaction was proved in a later study
[88].
Fig. 2.13 outlines the stages of the often called cross-bridge cycle: (A) A molecule of
ATP binds to the back of the myosin head causing a conformation which cannot bind
actin, (B) The head is displaced along the ﬁlament about 5nm as ATP hydrolysis
occurs. At this stage the adenosine diphosphate (ADP) and inorganic phosphate
(Pi) produced remain bound to the myosin, (C) When the Pi is released, the head
binds tightly to the actin. The actin binding sites are uncovered by the release of
calcium ions from the sarcoplasmic reticulum, (D) The release of Pi triggers the
power stroke, i.e. the force generating change in shape during which the head loses
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Figure 2.13: The cross-bridge cycle (adapted from [89]).
its bound ADP and moves to a new position on the actin ﬁlament (rigor mortis) to
start a new cycle.
2.2.4.3 Fiber types and arrangement
The ﬁber properties play an important role in muscle contraction basically because
of the diﬀerent metabolic pathways through which ﬁbers can generate ATP, and
because their type determines the rate of energy release that dictates the velocity
of contraction [90]. Given the substantial role of ATP for the cross-bridge cycle
described before, histochemical staining for myosin ATPase activity is a common
method to diﬀerentiate ﬁbers. Accordingly, the types found in human are the fol-
lowing:
 type I (SO)3, which are mainly characterized by slow contraction time (or
twitch, ST), high resistance to fatigue (endurance) and oxidative (aerobic)
capacity, but low force production because of their relatively small diameter
(cross-section).
 type II (FT) can be broken down into two types: type IIA (FOG), with fast
contraction time, intermediate resistance to fatigue (endurance), intermediate-
high oxidative (aerobic) and glycolytic (anaerobic) capacity and high force
3S=Slow; F=Fast; T=Twitch; O=Oxidative; G=Glycolitic.
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production; type IIX (FG), very fast contraction time, high glycolytic capacity
that is advantageous for anaerobic activities, generally larger diameter and thus
higher force production but only for short periods (low endurance) because of
their low oxidative (aerobic) capacity.
Some additional diﬀerentiation types have been also reported, such as IIB and IIC
[90], but they are either rare, or there is no consensus on whether they are also
expressed in humans besides other mammals ([91], [92]). Although a motor unit,
i.e. a group of muscle ﬁbers innervated by the same single motor neuron, comprises
one type of ﬁbers, most muscles consist of a mixture of ST and FT.
The ﬁber physical arrangement at the macroscopic level is part of the muscle's archi-
tecture and is another inﬂuencing factor for the mechanical function of the muscle.
Among the numerous ways of muscle ﬁber arrangement, there are three general types
of ﬁber architecture deﬁned based on the angle between their longitudinal direction
and the force-generating axis (pennation angle, a) :
Figure 2.14: General types of muscle ﬁber arrangements and corresponding physiologic
cross-sectional areas. (A) Parallel, (B) Unipennate, (C) Bipennate, (D) Multipennate
(adapted from [93]).
 Muscles composed of ﬁbers that extend parallel to the force-generating axis
of the whole muscle-tendon complex are called parallel arranged (Fig. 2.14A).
Previous experimental studies in mammalian muscles reported that these ﬁbers
do not extend the entire length of a muscle or probably not even that of a fasci-
cle ([94], [95]). Examples of parallel arranged muscles are the rectus abdominis,
psoas major and biceps muscles.
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 Muscles composed of ﬁbers at a single pennation angle relative to the axis of
force generation (varying from about 0° to 30° in mammals [96]) inserting all
on the same side of a central tendon, such as the extensor digitorum longus
muscle of the leg, are called unipennate arranged (Fig. 2.14B).
 Muscles composed of ﬁbers at two or several pennation angles are called bipen-
nate (Fig. 2.14C), or multipennate (Fig. 2.14D) arranged, respectively. Mul-
tipennate muscles, such as the deltoid and gluteus, form the most general
category to which most muscles belong.
Between two muscles with the same volume but diﬀerent architecture, parallel ﬁber
arrangement involves longer but less muscle ﬁbers (in number) and has a smaller
cross-sectional area (CSA) than a pennate muscle. As such, force transmission to
the tendon is 100% eﬃcient compared to pennate muscles, where the force is dis-
tributed also to the ﬁber direction and therefore the force magnitude depends on
the pennation angle. Nonetheless, a pennate is stronger than a parallel since the
maximum isometric force (tetanic, T0) a muscle can exert depends on its physiologic
cross-sectional area (PCSA), i.e. the area of the cross-section of the muscle perpen-
dicular to its ﬁbers4, that is greater in pennate muscles. The eﬀect of the muscle
architectural parameters together with its physical properties are discussed in the
following sections through the deﬁnition of the force-length, velocity and activation
relationships.
2.2.4.4 Force-length relationship
The force-length (f-l) curve is the most prominent and important physical property
of skeletal muscle function. It relates the maximal force of a muscle (or ﬁber or
sarcomere) measured during isometric contractions5 and maximal muscle activation
to its length. Over a century ago, Blix [98] ﬁrst demonstrated experimentally that
isometric force on frog striated muscles increased with increasing lengths, reached
a plateau, and then decreased. Such force generation was suggested to be based
4Based on [97], PCSA is commonly calculated and deﬁned as the ratio between the muscle volume and
the ﬁber length.
5Muscle (or ﬁber or sarcomere) contraction that occurs with no change in muscle length.
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on the shortening of the myoﬁlaments. Several decades later, Gordon et al. [99]
published the results of a classical study on isolated frog muscle ﬁbers that for the
ﬁrst time suggested a dependence of the active force production on the known cross-
bridge theory. Among the assumptions of this theory were the uniform distribution
of the cross-bridges along the thick ﬁlaments (i.e. myosin), and the capacity of each
cross bridge to exert on average the same amount of force as any other cross-bridge.
Considering the previous hypotheses together with the limited attachment range of
the cross-bridges due to their small size, it was implied that the maximal isometric
force of a sarcomere is linearly related to the magnitude of the overlap between the
myoﬁlaments [100].
Fig. 2.15 shows the f-l curves based on the experimental results in frog [99], and
human ﬁbers of diﬀerent muscles ([101], [102]). The shift to the right in the human
optimal sarcomere lengths (SLo) (plateau) compared to that of frog (2.0-2.2 µm [99])
corresponds basically to the higher actin (thin ﬁlament) lengths measured in humans.
In all cases, though, it has been demonstrated that skeletal muscles generate higher
forces when operating at intermediate lengths and the force remains constant in the
plateau phase.
Figure 2.15: Force-length relationship of frog and human skeletal muscles based on the
results of Gordon et al. [99], Walker and Schrodt [101], and Lieber et al. [102]. (Sarcomere
shortening=ascending limb; Sarcomere stretching=descending limb).
The SLo results in [101], [102] were both between 2.7-2.9 µm, although the authors
reported diﬀerent physiological operating ranges of the sarcomeres presumably due
to inter-muscular diﬀerencies. Variations have been also reported for the plateau
region that probably depended on the scale of the experiment, i.e. organ or ﬁber
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level; 2.6-2.8 µm from measurements on intact muscles of the lower limbs [103],
2.37-2.95 µm on the SLo of human gastrocnemius ﬁbers [104].
When stretched beyond the plateau, the active muscle force was found in all pre-
viously referred studies to decrease and should become zero at a sarcomere length
of about 3.6 µm (frog) and 4.4 µm (human) where no overlap of the myoﬁlaments
occur. The linear relation between the active force and length reported by Gordon
et al. [99] at the descending limb (sarcomere stretching) (Fig. 2.15, 2.16A) was
questioned experimentally by several authors, such as ter Kreus et al. [105] who
found a non-linear f-l relation (Fig. 2.16B).
Figure 2.16: Tension-sarcomere length relationship results in frog muscles as presented
by (A) Gordon et al. [99], (B) ter Keurs et al. [105] (adapted from [105]).
The main diﬀerence in the protocols used was that the study was keeping either the
sarcomere (linear behavior) or the ﬁber (non-linear behavior) lengths constant. This
latter condition appears to approach actual physiologic conditions more appropri-
ately especially in studies at organ level since they allowed for non-uniform changes
in sarcomere length.
Fig. 2.17 depicts the diﬀerences in the f-l relationship between muscles with diﬀerent
PCSA and diﬀerent or same ﬁber length. Muscles with long ﬁbers generate lower
tensions than short-ﬁbered muscles due to smaller PCSA, but they work over larger
ranges of deformation (Fig. 2.17B). Thus, it can be concluded that muscles with
short ﬁbers and large PCSA are better designed for force production.
In addition to the aforementioned active f-l behavior of the muscle, the passive force
developed without stimulation when a muscle is stretched contributes as well to the
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Figure 2.17: Force-length relationships of two muscles with diﬀerent architecture: (A)
Diﬀerent PCSA but same ﬁber length, (B) Diﬀerent PCSA and ﬁber length (adapted
from [106], [90]).
ﬁnal muscle f-l properties. Previous studies have identiﬁed the protein titin between
the thick myoﬁlaments as the source of this passive resistance ([107], [108], [109],
[110]). The measurements of ter Keurs et al. [105] in frogs showed that passive
tension was almost zero near the optimal length but increased exponentially with
muscle stretch when the sarcomere length became larger than 2.8 µm (known as
passive slack length) (Fig. 2.16B). Gollapudi et al. [104] reported an average passive
slack length of 2.22 ±0.08µm and a similar exponential increase in humans (Fig.
2.18A). Passive properties have been shown to diﬀer also among muscle groups in
humans [111]. Finally, the theoretical total force-length relationship is derived by
the sum of both active and passive properties of the muscle and its normalized
form is shown in Fig. 2.18B. In practice, active force cannot be measured directly.
Nonetheless, the experimental measurements of passive and total forces directly
(e.g. using servomotor length controllers, force transducers ([112], [113]), and load
cells [114]), or indirectly (e.g. through elastography techniques [115]), are used to
calculate the active force curve as (total force - passive force) [113].
2.2.4.5 Force-velocity relationship
Although the f-l relationship describes well a muscle's behavior under isometric con-
ditions (i.e. constant length), several movements involve isotonic muscle contractions
(i.e. constant load, muscle length changes) and therefore, the speed of muscle con-
traction needs also to be considered. The force-velocity (f-v) curve relates the rate
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Figure 2.18: (A) Passive tension [104], (B) Active, passive and total normalized force-
length relationship.
of muscle (or ﬁber) length change to the maximal force the muscle (or ﬁber) can
generate. Actually, like the f-l relationship, the f-v curve is not continuous but is
rather obtained by interpolating the force and velocity data measured in distinct
experiments under maximal activation conditions. Its general form is shown in Fig.
2.19. Although Fenn and Marsh [116] were the ﬁrst to perform experiments on f-v
properties of the muscle, the classical papers of Hill [117] (later summarized in [118])
and Katz [119] on frog skeletal muscles, determined the eﬀect of load on the speed
of shortening.
Figure 2.19: Schematic force-velocity curve of a skeletal muscle during shortening (con-
centric) and lengthening (eccentric) contractions (adapted from [120]).
When a muscle is maximally activated to balance an external load that is less than
the maximum tetanic force (T0) it can generate, the muscle shortens allowing a
contraction known as concentric (Fig. 2.19). The muscle force developed is always
less than T0 and decreases as the velocity of contraction increases [117] until ﬁnally
becomes zero when the velocity reaches its maximum value (νmax). Huxley [87]
found a good agreement comparing the normalized f-v relationship proposed by Hill
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with his theoretical predictions of the cross-bridge theory. The study suggested
that, as the muscle shortens with increasing velocity, force decreases because of the
lower number of cross-bridges attached [31]. The mathematical form proposed was
a rectangular hyperbolic equation [117]:
(F + a) · ν = b · (T0 − F ), (2.1)
where a is a constant with units of force that depends on the PCSA of the muscle
and the level of activation, b a constant in units of velocity that deﬁnes the absolute
rate of energy liberation during contraction, ν the shortening velocity, F the muscle
force, and T0 the maximum tetanic force at zero velocity and optimal sarcomere
length. For ν=νmax the force is zero (F=0), and the velocity can be calculated as:
νmax =
bT0
a
(2.2)
where the ratio a/T0 is approximately constant (≈ 0.25) [117].
Figure 2.20: Force-velocity relationships of two muscles with diﬀerent architecture: (A)
Diﬀerent PCSA and ﬁber length, (B) Diﬀerent PCSA but same ﬁber length (adapted
from [106], [90]).
Fig. 2.20 illustrates how the potential speed of contraction is inﬂuenced by the
muscle architectural parameters (PCSA and ﬁber length). The long-ﬁbered muscle
has a much greater νmax than that of the short-ﬁbered (Fig. 2.20A), while for ﬁbers
of the same length, muscles with greater PCSA produce more force (Fig. 2.20B).
The muscle force increases in eccentric contraction (lengthening) much faster than
it decreases in concentric contraction. The maximum force values range from about
1.5 to 2 times T0 and are relatively independent of the lengthening velocity (Fig.
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2.21). Nonetheless, experimental evidences demonstrate that such high force val-
ues cannot be achieved only through voluntary contractions, but require additional
electrical stimulation [121]. Generally, in activities that involve cyclic contraction
and relaxation (such as running or swimming), among the principal functions of
locomotor muscles is to lengthen and do negative work. That is, to absorb the work
supplied by its antagonists or by energy dissipation in the bones to which they are
attached [122]. However, the cross-bridge theory does not successfully describe this
muscle function. As such, there is a strong interest in studying the mechanics of
muscle lengthening given its important role on total muscle performance.
Figure 2.21: Force-velocity relationships obtained during concentric and eccentric con-
tractions of isolated muscle ﬁbers and during voluntary, electrical and combined stimula-
tion of intact human muscles (adapted from [123]).
2.2.4.6 Force-activation relationship
An important mechanical characteristic of skeletal muscles that should be also taken
into account is the role of the level of activation in both f-l and f-v relationships. The
results derived from previous studies shown in Fig. 2.22 demonstrate that optimal
ﬁber length increases (i) while the speed of contraction decreases [124], and (ii) with
the decrease of the activation.
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Figure 2.22: Normalized (A) force-length (adapted from [125]), and (B) force-velocity
([124]) curves for diﬀerent levels of activation.
2.2.5 Back muscles
Back muscles perform individually or in coordination, as agonists (prime mover),
synergists or antagonists depending on the movement. During ﬂexion of the LS from
lying (supine) position, for example, the psoas major acts as a prime mover together
with the abdominal muscles At the same time, the erector spinae muscles contract
synergistically to help to control the trunk motion at the fully ﬂexed posture. Such
muscle coordination, though, may vary depending on the condition of the body.
That is, in case of muscle fatigue [126] or pain, the CNS will alter the muscle activity
accordingly in order to produce the motion of the body.
Several approaches have been proposed for the organization of the back muscles,
either based on their location around the spine, such as lateral, posterior etc, or their
superﬁcial or deeper position (extrinsic or intrinsic muscles, respectively). Bogduk
[37] divided the lumbar muscles based on their position and their particular functions
into three groups: (i) the psoas major, which covers the anterolateral aspects of the
LS, (ii) the intertransversarii laterales and quadratus lumborum, which join the
TPs anteriorly, and (iii) the back deep muscles that lie posteriorly and either attach
directly or act on the LS (Fig. 2.23).
A particular focus is given on the anatomical descriptions of the psoas major and
the back deep muscles (particularly the multiﬁdus and erector spinae groups), given
their major role in the mechanical stability of the LS during daily activities.
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Figure 2.23: Transverse view of the spine and the major back muscles.
2.2.5.1 Psoas Major
The psoas major (PS) is the largest muscle in CSA at the lower lumbar region and its
fascicles are approximately similar in length [127]. The PS is essentially considered
as a muscle of the thigh [37]. Nonetheless, in absence of hip movement, such as in
standing position or performing sit-ups, the muscle can act on the LS [128]. The
PS fascicles arise from the anterior surfaces of the TPs, from the antero-lateral
aspects of the L1 and L5 VBs, and from the rim of the IVDs with the adjacent
vertebrae from T12/L1 to L4/L5. They descend along the pelvic brim, deep to the
inguinal ligament, and insert via a tendon into the lesser trochanter of the femur.
Such femoral insertion is common with the iliacus muscle (Fig. 2.24A), and both
muscles are often referred to as one unit or as the iliopsoas ([129], [130]). The PS
has important fascial connections. The medial fascia that encloses the muscle, also
called psoas fascia (Fig. 2.24B), forms a tendinous arch over the lateral aspects
of the VBs [37], allowing passage between this arch and the spine for nerves and
vessels. As it surrounds the muscle, the fascia passes under the medial arcuate
ligament superiorly and continues to the diaphragm. It becomes thicker caudally
[131] and is continued by the iliac fascia under the inguinal ligament where both
form the iliopectineal arch.
The deep location of the PS into the body does not favor in vivo activity registration
to better explore its function. In fact, there is lack of consensus in the literature
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Figure 2.24: (A) Anatomy of the PS and iliacus muscles (adapted from [132]), (B)
Transverse view of the back muscles and fascia (adapted from [133]), (C) EMG activity
of the PS of a healthy subject in upright standing and forward ﬂexed postures with and
without load in hands (adapted from [57]).
about the PS function. Nachmeson ([57],[134]) used invasive needles at the level
of the L3/L4 disc to capture the PS activity and supported the idea that, besides
its role as a hip ﬂexor, the muscle is a spine stabilizer in upright postures (sitting
and standing) (Fig. 2.24C). Recently, deGroot et al. [135] used, for the ﬁrst time
so far, surface EMG electrodes placed in supine position to quantify the role of the
PS in the dysfunction of the sacroiliac joint via leg raising tests. There are several
hypotheses as regards the biomechanical function of the PS: dominant ﬂexor of the
hip joint ([128], [136], [137], [138], [139]); lateral ﬂexor of the LS ([140], [138]); ﬂexor
of the LS on the pelvis ([141], [138], [84]); stabilizer of the LS ([57], [134], [142], [143],
[136], [144]); stabilizer of the hip ([139], [128], [137]); controller of lumbar lordosis
([128], [37], [145]) and pelvic tilt [145], as well as power source for bipedal walking
and running ([146], [147]). Insights into the PS function related to symptomatic
population have emerged recently using advanced imaging techniques. A reduction
of the CSA of the muscle was reported in patients with herniated discs [148] or
unilateral LBP [149], while the contrary was found after prolonged bed rest [150]
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both for the PS and for the rectus abdominis groups.
2.2.5.2 Multiﬁdus
The multiﬁdus (MF) is the most medial and largest muscle of the paraspinal muscle
groups spanning the lumbosacral junction [151] (Fig. 2.25A). It consists of a series of
muscular and tendinous fasciculi that arise from the posterior aspect of the sacrum
and superior iliac spine (SIS). Fasciculi run upwards along the spine ascending two
to four vertebrae levels until they attach to a SP (MPs in the lumbar region, TPs
in the thoracic region and APs in the cervical region except for the atlas) [84].
An extensive literature exists about the MF morphology, and descriptions vary in
terms of number ([152], [151], [153], [143], [154]) and attachments ([155], [29], [156],
[157]) of its lumbar fascicles, of fascicle orientations ([158], [159], [160]), and of its
architecture ([161], [162]). Nonetheless, there is a common conclusion on the multi-
segmental arrangement of the MF fascicles in distinct bands in the lumbar region
where the muscle is most developed.
Figure 2.25: (A) Location of the MF among the back muscles (dashed lines showing
the lumbosacral region of interest) (adapted from [29]), (B) Dissection and (C) three-
dimensional reconstruction of the digital specimen showing the superﬁcial (red), interme-
diate (yellow) and deep (blue) regions of the lumbar MF [162].
Based on the primary and widely accepted description of Macintosh et al. [151], the
MF fascicles can be divided in ﬁve bands, i.e. one per lumbar level, and three layers;
superﬁcial, intermediate and deep (Fig. 2.25B) at all lumbar levels but L5/S1, where
the absence of intermediate fascicles was conﬁrmed [162]. The fascicles of the deep
layer are the shortest. They stem from the laminae of each vertebra and insert into
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the MP of the vertebra two levels more caudally [37]. Some of the deepest MF
ﬁbers, for example those of the L1 laminar fascicle, attach to the facet capsule of
lower levels [154], and as mentioned in 2.2.3, they reinforce the function of the CL
to protect the capsule during movement [37]. At L5, the deep layer fascicles insert
directly into the sacrum just above the ﬁrst sacral foramen. The remaining two
fascicle layers (i.e. intermediate and superﬁcial) form the bulk of the lumbar MF
and are long fascicles with oblique postero-anterior orientation. They arise from the
SPs of each segmental level and radiate caudally until they attach into lower MPs,
the iliac crest and the sacrum. Such fascicle disposition along with the single level
innervation pattern imply that the muscle is designed to act principally on individual
SPs [151] and only indirectly on any interposed vertebrae. Actually, since the long
MF fascicles lie behind the lordotic curve, it has been suggested that a secondary
action of the muscle is the accentuation of the lumbar lordosis [37].
Figure 2.26: Normalized EMG amplitude of the (L)eft Internal Oblique and MF during
axial rotation in back pain (black) and control (white) groups (adapted from [163]).
Macintosh et al. [151] and Bogduk [37] suggested that the MF is primarily a poste-
rior sagittal rotator, i.e. an extensor of the LS. The role of the muscle in rotation
is antagonistic to the ﬂexion eﬀect of the abdominal muscles as the latter produce
rotation. Ng et al. [163] captured such antagonistic activity during axial rotation
using EMG in healthy subjects (control group) and patients with back pain (Fig.
2.26). Lonneman et al. [154] interpreted the muscle function as a whole and con-
sidered the MF as a multi-functional muscle that stabilizes the LS and potentially
minimizes the shear and compression loads on the facets.
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2.2.5.3 Erector Spinae
The erector spinae (ES), also known as sacrospinalis, is a large muscular and tendi-
nous mass that lies laterally to the MF and spans the entire length of the spine.
Because of their location, the muscles that comprise the ES share the same primary
functions, that is posterior sagittal rotation (i.e. extension) and lateral ﬂexion of the
spine [84]. They arise from a broad, thick tendon (also called erector spinae aponeu-
rosis, ESA) that attaches to the posterior surface of the sacrum, the iliac crest, the
SSL and the sacral, lumbar and lower thoracic spinous processes ([29], [164]). Poste-
riorly, the mass is covered by the thoracolumbar fascia, and the nuchal ligament that
continues the SSL in the cervical region. Because part of the caudal ﬁbers of the
ES are continuous with the gluteus maximus, when the latter is contracted, tension
is generated in the ES and in the superﬁcial layer of the thoracolumbar fascia, in
order to provide spinal stiﬀness [165].
Figure 2.27: Subdivisions of the ES
muscles per region (adapted from [29]).
Anatomically, in the upper lumbar region, the
ES splits into three vertical muscle columns (Fig.
2.27): a lateral (Iliocostalis), an intermediate
(Longissimus), and a medial (Spinalis). Each of
these muscles can be further subdivided region-
ally depending on the general area of the spine to
which they insert, i.e. lumborum, thoracis, cervi-
cis, and capitis [84]. According to Gray [29], the
lumbar portion of ES crosses the region without
attachment to the lumbar vertebrae. Later stud-
ies ([166], [167], [168], [169]), however, reported
that it can be considered as a common muscle
consisting of two divisions; Longissimus thoracis
medially, and Iliocostalis lumborum laterally, each
of which has lumbar (pars lumborum) and tho-
racic (pars thoracis) ﬁbres. The tendons of the
ES thoracic ﬁbers (Fig. 2.28C) as well as the up-
per lumbar ﬁbers of the MF have been reported to
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basically form the ESA [164]. The Spinalis group
muscles run caudally down to the upper thoracic spine and therefore are out of the
scope of the current thesis.
2.2.5.3.1 Longissimus Thoracis
In the lumbar region, Macintosh and Bogduk [168] identiﬁed ﬁve fascicles occur-
ring from the AP and TP of each lumbar vertebra (Fig. 2.28 A,B) that comprise
the Longissimus Thoracis pars lumborum (hereafter abbreviated as LTpL or lumbar
LT). The L1 to L4 fascicles have tendon caudal ends that eventually form a common
tendon of insertion, the lumbar intermuscular aponeurosis (LIA) that attaches to
the medial surface of the posterior SIS (PSIS). The L5 has a direct muscular in-
sertion medially to the upper LTpL fascicle insertions. Despite the implications of
previous studies [167], Bogduk [37] found no attachment of the lumbar fascicles to
the ESA. Instead, these fascicles anchor the lumbar vertebrae directly to the ilium
meaning that the LTpL acts independently from the rest of the ES. Indeed, each of
its fascicles can be resolved into a large vertical (parallel to the longitudinal axis)
and a considerably smaller horizontal (parallel to the anteroposterior axis) line of
action (Fig. 2.28A) with varying size depending on the spinal level and the muscle
contraction [168]. As such, the capacity of LTpL as a posterior sagittal rotator, i.e.
back extensor, increases rostrally in line with the larger vertical vectors, while its
capacity for posterior translation is greater at lower lumbar levels where the fasci-
cles have a more dorso-ventral orientation. Importantly, though, the muscle is not
able to exert posterior sagittal rotation without simultaneously exerting whatever
horizontal rotation [37].
The Longissimus Thoracis pars thoracis (hereafter abbreviated as LTpTh or thoracic
LT) is the intermediate and largest of the vertical muscle columns of the ES. It
consists of 11 or 12 pairs of thoracic fascicles that proximally attach to the TPs and
ribs of the thoracic vertebrae via tendons (Fig. 2.28C) that may merge medially
from T5 down to T12 [37]. The fascicle muscle bellies are small and the ones from
the upper levels overlap those from the lower levels [170]. Eventually, the LTpTh
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Figure 2.28: (A) Lateral view of the vertical and horizontal action of the lumbar LT
fascicles, (B) The lumbar and (C) thoracic fascicles of the Longissimus Thoracis from a
posterior view. (LIA=lumbar intermuscular aponeuris; Darkened areas: fascicle muscle
belly (ﬂesh)) (adapted from [37]).
fascicles end in large caudal tendon insertions that form the ESA and insert into
the lumbar and sacral SPs, the sacrum, and the ilium. For example, the fascicles
from the T2/T3 level attach to the L3 SP, and those from T8/T9 to T12/L1 extend
down to the S3 SP and to the caudal extent of the PSIS. The principal action of the
LTpTh is on the thoracic vertebrae and the ribs. Nonetheless, the LTpTh fascicles
between T6/T7 and T12/L1 levels span the entire lumbar region and can act on the
lumbar vertebrae. Bilateral contraction of the muscle results to an indirect increase
of the lumbar lordosis through the ESA. When contracted unilaterally, the thoracic
LT principally ﬂexes the thoracic spine laterally and secondary it produces lateral
ﬂexion of the LS [164].
Figure 2.29: (A) Sagittal plane moment arms calculated about the L5/S1 IVD between
fully extended and ﬂexed postures (adapted from [27]), (B) Normalized EMG of the LT
and IL in standing and ﬂexed posture with varying load in hands (adapted from [171]).
The distribution of the LT fascicles allowed quantiﬁcation of the muscle architecture
41
FE SIMULATION OF THE HEALTHY AND DEGENERATED LS
parameters and its activity using diﬀerent in vivo techniques, such as radiographs,
MRI and EMG measurements. For instance, the decreasing sagittal plane moment
arms6 calculated through the model of [27] from neutral to ﬂexed positions were in
a similar range with the ones previously quantiﬁed using images ([172], [173]). Tveit
and colleagues [174] found also a decrease in the moment arms when the subjects
were passing voluntarily from maximum lordosis to kyphosis in supine position. The
lumbar LT and IL activity captured through EMG signals in [171] was signiﬁcantly
higher in forward ﬂexions compared to standing under identical external loads (Fig.
2.29B).
2.2.5.3.2 Iliocostalis Lumborum
The Iliocostalis Lumborum pars lumborum (ILpL or lumbar IL), i.e. the lumbar
component of the Iliocostalis Lumborum (IL), consists of four fascicles arising from
the tips of the L1-L4 TPs and from the thoracolumbar fascia (Fig. 2.30A). Caudally,
they insert directly on the iliac crest and on the posterior surface of the PSIS laterally
to the LTpL [168]. The literature does not describe any fascicles that arise from L5.
Rather, according to [37], this lacking part of the ILpL seems to be represented
by the ILL. The ILpL fascicles have similar disposition to that of the lumbar LT
and their action can be resolved respectively into a predominant vertical and a
smaller horizontal vector. Such vectors act directly on the lumbar vertebrae and
are not independent. When contracted bilaterally, the lumbar IL can act mainly as
a posterior sagittal rotator producing extension and simultaneously exerting axial
rotation that is greater at the lower lumbar levels. When contracted unilaterally,
the fascicles can produce lateral ﬂexion and the TP attachments stand for suitable
lever arms to produce axial rotation [37] and extension at the same time. When
the abdominal muscles act to rotate the trunk, the ILpL cooperates with the MF to
resist the ﬂexion eﬀect produced by the rotation (Fig. 2.31).
The Iliocostalis Lumborum pars Thoracis (ILpTh or thoracic IL) represents the
thoracic component of IL and consists of fascicles that arise via ﬂattened tendons
6Also known as lever arm of a force system is the perpendicular distance from an axis to the line of
action of a force.
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Figure 2.30: Posterior view of the (A) lumbar IL, and (B) thoracic IL and LT fascicles.
Darkened areas: fascicle muscle belly (ﬂesh) (adapted from [37]).
from the lower seven or eight ribs as shown in Fig. 2.30B. The thoracic IL fascicles are
not related to the Iliocostalis Thoracis muscle present between the ﬁrst six thoracic
ribs (see Fig. 2.27). The ILpTh possess longer muscle bellies than the thoracic LT
but similar to the latter, they have tendon caudal ends that contribute to the ESA
and ultimately attach to the ilium and to the sacrum [37]. They span the LS but they
have no direct attachment to it [164]. The ILpTh has similar actions to the LTpTh;
it exerts an indirect bowstring eﬀect on the LS when contracted bilaterally that
results in an accentuation of the lumbar lordosis [164]. When contracted unilaterally,
like the lumbar IL, it laterally ﬂexes the LS and can also have a small axial rotator
role (Fig. 2.31).
Figure 2.31: Normalized EMG of the (L)eft External Oblique and IL during axial
rotation in back pain (black) and control (white) groups (adapted from [163]).
43
FE SIMULATION OF THE HEALTHY AND DEGENERATED LS
2.3 Estimation of spinal loads
2.3.1 Experimental explorations
Despite its great importance for the research on back pain, loading of the spine is still
not well quantiﬁed or even understood. Apart from the ethical diﬃculties involved,
direct in vivo measurement of spinal loads is generally avoided mostly because of the
invasiveness of placing a force cell, intramuscular electrodes or pressure needles. For
the muscles, the non-linearities of the tissue and importantly, the redundant number
of muscle actuators in complex systems, like the human back, are great limitations
on the acquisition of muscle load magnitudes in situ. For the IVDs, pressure needle
measurements may have pathological consequences in a long term as shown with
discography examination [175] and, therefore, are normally avoided or made over a
small number of patients ([176], [177], [60]). Similarly, the necessary disruption of
the facet capsule makes the measurement of facet contact forces hard to perform.
As such, the necessity of estimating how much load is transferred to the diﬀerent
components of the spine has been addressed experimentally using diﬀerent in vivo
and in vitro techniques. Still, the data available in the literature remain limited.
For the in vivo estimation of muscle loads, surface EMG electrodes have been often
used to capture the real time activation levels of the most superﬁcial back mus-
cles during diﬀerent exercises ([171], [178], [163], [179], [180]). Unfortunately, given
the complicated anatomy of the back, capturing deep muscle ﬁber signals as well
as isolating muscle activity is quite sensitive to the protocol used for the electrode
placement. Yet, although the measurements do not permit direct force magnitude
estimations, the electric potentials measured are useful for detecting abnormal mus-
cle activity in both the healthy and the pathologic spine. Alternatively, Rohlmann
et al. used implanted spinal ﬁxators to measure inter-segmental forces and moments
in patients ([181], [182]). These studies are suitable for load estimation during oc-
cupational activities, but measurements cannot be included in a clinical routine and
neither permit the conclusion of general patterns for healthy subjects. Towards
non-invasive approaches, the study of Bogduk et al. [183] proposed an image-based
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technique to determine the individual fascicle forces of lumbar muscles. The three-
dimensional (3D) orientation of the fascicles derived from anatomic studies ([168],
[151]) was plotted onto radiographs of healthy spines taken in upright position. For
each fascicle, the PCSA was calculated7 and was related to the T0 through a force
coeﬃcient k equal to 0.46 MPa to match the L5/S1 moment estimations with the
respective measurements in [184]. Importantly, because the parameter value was
based on diﬀerent reported ranges ([97], [185], [186]), the estimated force results
are subjected to variance depending on the fascicle anatomic data. Other studies
reported moments and strength/endurance data measured using dynamometers dur-
ing trunk extension exercises ([187], [188], [189], [190]). In the last decade, muscle
functional MRI (mfMRI) was explored for the assessment of the lumbar extensors
during similar exercises ([191], [192], [180]). Comparison of the T2 relaxation time
values to EMG showed similar, linear patterns ([192], [180]). Accordingly, the linear
relationship identiﬁed between T2 and exercise intensity for MF and ES supports
the use of mfMRI to evaluate muscle recruitment both in healthy volunteers and
patients in order to improve current rehabilitation strategies.
For the intradiscal loads, experimental evaluation has been explored mainly in vivo
but unfortunately remains limited given the invasiveness of most of the techniques.
In 1960s and 1970s, a series of pioneering studies by Nachemson in LBP patients
showed that, for instance, sitting increases the IDP when compared with standing,
from around 0.8 to 1.2 MPa mean values ([193], [176], [177], [57], [194]). Later static
in vivo measurements in healthy volunteers qualitatively conﬁrmed Nachemson's
outcome, although lower IDP values and varying physiological ranges were reported
(Table 2.1). Wilke et al. ([60], [195]) performed dynamic measurements during a
variety of postures and exercises and reported absolute IDP values and anthropo-
metric measurements for a healthy volunteer that complemented the state-of-the-art
(SOTA) at the moment. During many exercises, the results in these studies corre-
lated with Nachemson's data and conﬁrmed the suggestion that there is a signiﬁcant
relationship between lumbar IDP and diﬀerent body positions. However, the authors
7The physiologic cross-sectional area (PCSA) was deﬁned as the ratio between the measured fascicle
volume and rest length.
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reported slightly increased pressure values in relaxed standing in comparison to sit-
ting position (between 0.44-0.50 MPa). These diﬀerences may be explained by the
diﬀerent transducers and calibration accuracy used, compared to Nachemson's work.
Although they were acquired for one subject only, the measurements of Wilke and
colleagues conﬁrmed previous ﬁndings from an indirect method using stadiometry
[196], and another one using an instrumented spinal ﬁxator [197]. Quantitatively,
the large spread of the measured IDP values has been related to the large variation
in the number of volunteers, the inter-subject variation [198], as well as to the disc
level and condition ([199], [200], [201]). Certainly, there are multiple interactions in-
volved in the mechanical response both of the healthy and the pathologic spine that
the information obtained by such in vivo techniques might be too local to help to-
wards their understanding. Nonetheless, such measurements are unique and hence,
they are very valuable for the validation of numerical models of the spine.
Table 2.1: Mean in vivo IDP (MPa) measured in standing and sitting postures.
Standing Sitting
Andersson et al. [202] 0.36 0.41
Schultz et al. [203] 0.27 0.32
Sato et al. [198] 0.54 0.62
Previous in vitro stress proﬁlometry studies showed large stress peaks in the poste-
rior AF during ﬂexion/extension motions [204]. These stress values were further
increased when prior creep [205] and age-related changes [201] were considered.
Steﬀen et al. [206] conﬁrmed such ﬁndings under asymmetrical external loading
by instrumenting cadaveric spines with multiple pressure sensors. This possible me-
chanical overload found in the postero-lateral AF under combined axial rotation
with postural changes may lead to mechanical IVD failure in the pathologic spine.
However, it requires further investigation in diﬀerent external loading cases. In fact,
one of the main challenges of in vitro evaluations of spine biomechanics is the exper-
imental simulation of reliable external loads involving set-ups with various degrees
of freedom. Muscle action lines represented by cable tractions were used to sim-
ulate the eﬀect of back and abdominal muscles on the mechanical response of LS
specimens to diﬀerent rotation motions. The results showed that including muscles
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signiﬁcantly aﬀected the IDP and the load-deformation values ([207], [208], [209]).
By comparing in vivo and in vitro IDP in diﬀerent lumbar levels, estimations of
approximations of muscle loads expected in vivo were achieved through diﬀerent
load combinations in standing and ﬂexion/extension positions [210]. Unfortunately,
previous semi-experimental methods suggested that the amount of in vivo data avail-
able remains too low in comparison to the high number of degrees of freedom (DOF)
to be adjusted for multilevel muscle force determination [23]. As such, simpliﬁed
experimental set-ups using moment-controlled hybrid rotations [211] and follower
compressive forces [212] were studied giving useful outcomes for the evaluation of
static motions. Still, stability issues are suggested to relate with the transient,
long-term spine response [213] that requires other techniques of exploration of the
mechanical load distributions through the diﬀerent spine tissues.
2.3.2 Computational explorations
Considering the diﬃculty to capture experimentally the physical phenomena related
to the functional behavior of the spine, computational models seem to be indis-
pensable tools towards a better understanding of the spine biomechanics. So far,
the LS models developed intended to capture the spinal function through often rel-
atively simpliﬁed assumptions, e.g. on the anatomy, geometry, passive properties
and gravity loads, that consequently aﬀected the accuracy of the results. Free body
diagrams (usually a transversal cut at L4/L5 or L5/S1 disc) and advanced 3D thora-
columbar or LS models have been reported, involving various combinations of rigid
bodies (RB) and deformable bodies using the FE approach. The latter is a widely
accepted method used in biomechanics since 70s [214] and can provide information
that laboratory experiments cannot apprehend. On one hand, among other FE mod-
eling allows the simulation of complex loading conditions, the prediction of stress
distributions in the diﬀerent spine tissues under large strains, the exploration of a
practically unlimited set of physiological conditions, the simulation of complex ge-
ometrical structure and non-linear material properties. RB modeling, on the other
hand, has lower computational cost and can be combined with deformable models in
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applications that require numerous calculations and/or extensive geometrical mod-
els. For example, when complex spine kinematics with multi-level incorporation of
muscle fascicles is investigated, stress-strain computations within the vertebrae are
not of major interest. Therefore, vertebrae can be modeled as RB in stability and
equilibrium analyses that focus on muscles and passive soft tissues, such as IVD.
Accordingly, the proposed LS assemblies often combined rigid vertebrae models with
IVDs simulated as custom joints ([215], [216], [27], [24], [217], [218]), beam-like with
a given passive stiﬀness ([215], [219], [178], [220]) or 3D geometries modeled as
hyperelastic composites ([221], [222], [223], [224]). To account for the stabilizing
action of the muscles on the trunk, diﬀerent methods were employed. On one hand,
considering that the segmental compressive forces followed the axial axis, follower
loads were applied directly as punctual forces [225], or via a path of unidirectional
connector elements [226]. Since the accuracy of such approximations depends on
the deﬁnition of the antero-posterior location of the path [227], the application of a
surface pressure was suggested alternatively by Noailly et al. [228]. Nonetheless, it
is unclear whether such concentration of forces on the VB can represent the balance
of BW and muscle eﬀects. Clearly, simulation of boundary conditions through ex-
plicit muscle modeling was expected to better capture the eﬀect of muscle function
on trunk stability. Hence, an early attempt of a full lumbar MSL FE model includ-
ing the ES fascicles was reported by Zander et al. [221]. More advanced models
incorporating the fascicles of several back and abdominal muscles relevant to the
thoracolumbar area were developed in the recent years with increasing complexity
and realism ([178], [171], [24], [27], [217], [218]). Interestingly, although antagonistic
activation of abdominal muscles was seen in extension, lateral bending and axial
rotation [229], the unclear eﬀect of the intra-abdominal pressure on the decrease
of spinal loading and increase of spine stabilization needs to be further addressed
([230], [231], [232]).
As discussed previously, the main challenge of MSL models has been the quantiﬁ-
cation of the back muscle loads developed in diﬀerent trunk positions. For a given
motion described through kinematical data, such as motion capture and EMG sig-
nals, inverse dynamics approaches are used to solve the motion equations of the
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system. Since unknown muscle forces signiﬁcantly outnumber the equilibrium equa-
tions, optimization ([233], [234], [203]), EMG-driven ([235], [236]) and a combination
of EMG-assisted optimization methods ([237], [238]) have been used so far to tackle
such kinematic redundancy in the LS. That is, optimal muscle recruitment able to
minimize the muscle activation was formulated through an objective function, and
the intersegmental forces and internal joint moments and forces were estimated so to
fulﬁll the trunk stability for the speciﬁc motion. Comparisons between single- and
multi-joint equilibrium models have shown that muscle and spinal load estimations
using single-level equilibrium are inadequate to satisfy the mechanical equilibrium
at remaining levels either using only optimization techniques [238] or EMG-driven
methods ([239], [240], [23], [24]). From a biomechanical point of view, such outcome
seems coherent with the back muscle anatomy. The multi-level spanning design
of most back muscles makes uncertain the reliability of estimations performed us-
ing cutting plane analyses, since in reality the CNS attempts to balance external
moments at all levels simultaneously and not at one single joint. In their study, Arj-
mand et al. attempted to quantify such diﬀerences [239]. On one hand, for the shear
forces and muscle activations levels, a clear task and level dependency was found.
Axial compression loads, on the other hand, appeared to be less sensitive among any
of the used approaches. More recently, Arjmand et al. [241] used a FE thoracolum-
bar KD model previously created [171] together with regression methods to propose
predictive equations for the quantiﬁcation of spinal loads at the L4/L5 and L5/S1
levels in symmetric lifting tasks. The results were comparable to previous L4/L5
compression loads measured in vivo under identical tasks [195] suggesting that the
proposed method is promising for fast risk prevention analyses and simulations of
realistic external loading in vitro. However, a limitation of the study was that the
predictive equations did not consider subject anthropometric data among the in-
dependent variables (e.g. height). Han et al. [217] explored the eﬀect of varying
BW and height on the intersegmental forces using a full spine MSL model from the
Anybody software (AnyBody Technology, Aalborg, Denmark). The authors found
a high dependence for both variables in diﬀerent static postures and lifting tasks
that was especially stronger for the BW. Recently, Hajihosseinali et al. [218] used a
FE thoracolumbar KD model that was similar to the one used in [241] to verify the
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eﬀect of increasing BW on the L5/S1 compression while scaling the moment arms
and PCSA of the muscles accordingly [242].
Certainly, muscle dynamics is one of the major considerations to expect reliable
results through such biomechanical models, as described in detail in 2.2.4. Based
on a thorough literature review, the ﬁrst attempt reported for the LS was in 2012
by Christophy and colleagues through the OpenSim platform [243]. A full thora-
columbar RB model was coupled to 238 muscle fascicles with prescription of force-
generating springs and damper systems based on an improved approach over the
basic Hill-type8 muscle model [244]. That is, the muscle behavior was described by
prescribing all parameters needed to scale the f-l and f-v curves already implemented
in the software. Hence, the model could be used for the inverse estimation of the
muscle forces developed as an optimized set of values that fulﬁll the equilibrium
equations for the simulated motion and therefore, are directly linked to the kine-
matical input. However, this concept limits the predictive ability of a biomechanical
model to calculate the intersegmental loads produced under diﬀerent conditions.
Such results could not give either information on the decoupled contribution of the
passive and active role of the muscle sub-tissues (e.g. ﬁbers). Moreover, in spite
of the recognized complexity of the model, the eﬀects of the passive structures, i.e.
IVDs, ligaments and facet joints, were not suﬃciently incorporated. The consid-
eration of a three DOF9 LS model representing the intervertebral joint kinematics
deﬁnitely is not enough for the simulation of coupled motion since it has been sug-
gested that rotation and lateral bending are usually followed by motion in the other
two DOF [245]. An alternative approach would be, for example, the deﬁnition of
a non-diagonal stiﬀness matrix that may possibly include also the ligament eﬀect.
The consideration of the constraining role of facet forces would also permit the
exploration of the synergistic action between facet joints and muscles in spine sta-
bilization as proposed previously [246]. Probably the most important limitation of
the discussed study was its generality, i.e. the lack of wide inter-subject variation in
lumbar geometry and muscle strength. Nevertheless, the model's high physiological
8The Hill-type model is presented in detail in 2.4. In brief, the model represents the muscle contraction
through a contractile and a series element arranged in parallel with a third spring that represents the passive
behavior of the muscle when unactivated.
9Flexion-extension, axial rotation, and lateral bending.
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complexity and some preliminar results of the calculated moment arms allowed its
consideration as the most detailed non-commercial tool for the exploration of the
LS biomechanics at that time. Actually, the open-source nature of this model en-
couraged the development of a P-SP lumbar MSL model by Dao et al. [28] based on
anatomical images (CT, MRI). The model included 126 muscle fascicles and consid-
ered the anatomical landmarks, modeling properties and Hill-based muscle behavior
implemented by Christophy et al. [27]. Following the concept of inverse force calcu-
lations, the authors reported fascicle force estimations ranging from 3 to 40 N for a
simulated extension-like trunk motion (hyperlordosis) based on dynamic MRI. Since
it was the ﬁrst P-SP model documented for the LS so far, the results were partially
correlated with previous generic models in terms of order of magnitude (11-70 N)
[247]. However, similar to other RB analyses, the quantiﬁcation of the muscle active
forces as well as the passive resistance oﬀered by muscles and discs could not be
addressed.
In this sense, the exploration of FE MSL models of the LS involving continuum
mechanics theories could help to overcome this limitation. Such models consider the
constitutive behavior of the IVDs and muscles and, hence, are able to predict the
spinal loads developed under any simulated load state and under large deformations.
Such approximation has been already proposed to explore the mechanical response
of the cervical spine [248]. A combination of passive non-linear solid and active Hill-
type elements were used to model the cervical muscles, which were represented as a
3D continuum model previously validated ([249], [250]). The coupled model allowed
the prediction of diﬀerent distributions of neck muscle load and strains in impact-
induced motions. Yet, at the moment of writing, no such predictive models have
been explored for the LS despite the high clinical relevance of translating lumbar
external loads into internal forces under any deformation and at any strain rate.
In the following section, a brief presentation and literature review is given on the
predictive models proposed so far from the 1D Hill's model up to 3D extended
variations of the same and multi-scale formulations coupling sub-cellular to organ
processes taking place during muscle contraction.
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2.4 Muscle modeling: from Hill-type to biophysically-based
models
In 1938, A.V. Hill set the basis for the approximation of the skeletal muscle con-
traction through a simple phenomenological model. In particular, the Hill model is
composed of three elements (Fig. 2.32) :
 an active contractile element (CE) that is fully extensible when unactivated
(at rest), but capable of shortening (contracting) when activated; the force
generated in this component is the result of the number of active cross-bridges
formed by the sliding actin and myosin ﬁlaments described in 2.2.4.
 a series element (SE) which is a non-linear spring that provides an energy
storing mechanism and is arranged in series with the CE; the SE is usually
associated with the intrinsic elasticity of the myoﬁlaments and the tendon.
 a parallel element (PE) that is a non-linear spring arranged in parallel with the
other two elements and is responsible for the passive behavior when the muscle
is stretched even when the CE is not activated, i.e. at rest. The PE represents
the passive force of the connective tissues (fascia, epimysium, perimysium and
endomysium).
Figure 2.32: Hill-type three-component model (PE=Parallel elastic element; SE=Series
elastic element; CE=Contractile elastic element).
In this model, the CE is considered to have f-l and f-v characteristics similar to
those described in 2.2.4.4-2.2.4.5. The muscle force, FM, is the sum of the forces
developed by the PE and SE, with the latter being equal to the force generated in
the CE (FSE=FCE). When viscous eﬀects are taken into account, variations of the
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Hill model can be used considering a non-linear viscous element instead of the PE,
or a dashpot instead of the CE to incorporate viscosity as a function of time, strain
and strain rate ([117], [251]).
To date, the Hill-type three-element model remains the model of choice for most
modeling studies of muscle movement systems mainly because of its computational
simplicity and the ease with which model parameter values can be estimated. That
is, the formulation is based on interpretations of input-output data obtained from
controlled experiments on isolated ﬁbers or a single muscle [252]. Therefore, it is a
phenomenological approximation. However, one of the main weaknesses of the Hill's
model is its one-dimensional (1D) formulation. Because of this, the muscle mass, ge-
ometrical characteristics and shape change during contraction cannot be considered,
neither its architectural characteristics, such as ﬁber orientations. Hence, in order
to explore complex 3D geometries and simulate the muscle contraction, continuum
constitutive models have been used as a 3D extension of Hill's model. Such models
consider the muscle as a ﬁber-reinforced continuum tissue that most commonly is
described as a hyperelastic material. For a quasi-incompressible behavior, the strain
energy per unit volume of the reference conﬁguration is written as the sum of a ﬁber
term (UF ), and a term related to the matrix, that is often further decoupled into a
deviatoric (UI) and a dilatational (volumetric) (UJ) component:
U = UF + UI + UJ (2.3)
Accordingly, the constitutive models proposed in the literature were of varying com-
plexity depending on the levels represented (e.g. tissue or motor unit level), the type
of conditions simulated (i.e. static or dynamic), or the number of muscle model pa-
rameters involved. For instance, in the 3D Hill-type skeletal model developed by
Kojic et al. [253], the CE and SE accounted for the active behavior of the muscle,
while the PE represented the surrounding matrix considering linear isotropic proper-
ties but not incompressibility constraints. In total this model involved ten material
parameters. In the same year, Martins and colleagues [254] proposed a 3D Hill-type
skeletal muscle model inspired from the passive cardiac model of Humphrey and
Yin [255]. The authors extended that model to include the active muscle behavior
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such that the ﬁnal model was consistent with the 1D formulation of Zajac [256] for
skeletal muscles. The muscle was modeled as a ﬁber-reinforced composite with a re-
duced number of only four material parameters among which a strain-like quantity
was used to control the activation in the CE. A few years later, this parameter was
modiﬁed by splitting the ﬁber stretch into a contractile and elastic stretch adding
therefore one more material parameter [257]. Still, the limited number of ﬁve pa-
rameters remained one of the main advantages of this model in terms of parameter
value calibration. The same year, Blemker et al. [258] proposed a ﬁber-reinforced
model for the biceps brachii with transversely isotropic material symmetry inﬂu-
enced by the study of Weiss [259] that moreover considered the microstructure of
the muscle, i.e. the ﬁber orientations. The authors used a similar generic form of
the strain energy function as described above for a nearly incompressible muscle
based on the strain invariants [260]: they separated the material's mechanical re-
sponse to stretch in the ﬁbers, shearing along and transverse the ﬁbers. In total
the model included 14 material parameters among which some properties, such as
the resistance to shear parallel to the ﬁber direction, that had not been addressed
experimentally. Actually, this is a common restriction of representing muscles as a
continuum with complex fascicle geometry. To overcome this, authors often make
geometrical assumptions or simpliﬁcations in order to reduce the number of material
parameters in the model. The constitutive relation of Lu et al. [261] was based on
previous approaches ([262], [258]) and considered a 3D hyperelastic muscle model
coupled with active contraction of muscle ﬁbers and a total of 13 material param-
eters. In this study, a sensitivity analysis was performed to help understand how
some parameters inﬂuence the total muscle stress depending on whether their values
can be experimentally determined, whether they come from reported ranges or they
can be tuned to predict experimental data.
The phenomenological nature of Hill-type muscle models means that few of the pa-
rameters can have direct physical counterparts. In turn, biophysically based models
can predict the muscle response as emerging from the underlying physiology of the
system, i.e. including structural and functional characteristics of skeletal muscles.
As such, physiologically based, multi-scale skeletal muscle FE models together with
a model of motor-unit recruitment can compute the electro-physiological behavior
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of single muscle ﬁbers within motor units and link it to a continuum-mechanical
constitutive law (Fig. 2.33) ([263], [264]).
Figure 2.33: Illustration of the algorithm typically used to numerically simulate models
of cellular-tissue coupled active mechanics (adapted from [263]).
In the last decade, Röhrle and colleagues progressively included a much larger array
of anatomical and physiological properties in their multi-scale constitutive law that
bridged the cellular and organ level via a direct coupling of the active contribution
to a detailed skeletal muscle model of the sub-cellular process [265]. The feasibility
of their model was tested on a tibialis anterior FE muscle geometry [266]. The
result was an elegant and detailed model able to give a better understanding of
skeletal muscle function during ﬁber recruitment and of the eﬀect of alterations of
muscle properties due to injuries and diseases on the mechanical force generation.
A qualitative validation of the model was also attempted by the authors and their
results ﬁtted within known experimental ranges. Yet, a more in-depth validation
procedure would be needed among diﬀerent subject-speciﬁc models. The complexity
and versatility of the model are key elements and main weaknesses at the same time,
since they require a large set of input variables that can be very diﬃcult to obtain for
a subject-speciﬁc case. Hence, such advanced frameworks that still require rigorous
validation are suggested to be more suitable for individual muscle explorations when
investigating physiological diseases rather than for high complex anatomical systems,
as the human spine.
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2.5 Modeling of the IVD
As discussed in 2.2.2, the IVD is a multiphasic material that contains water and a
network of collagen and elastin ﬁbers embedded in a matrix composed principally
of proteoglycans and cells. In terms of simplicity, this material can be considered
containing two phases, i.e. a solid phase composed of structural macromolecules
and cells, and a ﬂuid phase consisting in water and solutes. In order to describe
the IVD mechanical behavior, two diﬀerent approaches have been adopted based on
the concepts of the continuum mechanics: (a) the biphasic or mixture theory that
considers that each material part is occupied by a solid and a ﬂuid particle [267],
and (b) the Biot poroelastic theory that considers each material part as a continuum
point that is a homogenized or average combination of solid and ﬂuid phases [268].
Both theories use the same concept of porosity10 but their diﬀerence lies mainly on
the averaging procedure. Actually, it has been reported that the two approaches
are equivalent when solid and ﬂuid phases are incompressible both for linear and
non-linear ﬁnite deformation cases ([269], [270]). A brief description of the Biot
poroelastic theory is given next.
2.5.1 Poro-hyperelastic models
In the frame of poromechanics, all IVD tissues are modeled as ﬂuid-saturated porous
media. The solid phase is considered as a compressible drained porous skeleton the
pores of which are ﬁlled with an incompressible ﬂuid. The total Cauchy stress σ
is expressed as a decomposition into the volumetric (expressed through the pore
pressure, p) and the eﬀective (or deviatoric) (σseff ) stress term:
σ = σseff − pI (2.4)
where I is the second-order unit tensor.
In linear poro-elasticity, the solid stress follows the linear elasticity form given by
the generalized Hooke's law. Whether such behavior presents a realistic description
10If saturation is assumed, the solidity ns and porosity nf satisfy the equation ns + nf = 1.
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of the CEP material was recently questioned experimentally [71]. Indeed, the poro-
hyperelasticity has been suggested as a better approximation since it considers the
non-linear eﬀect of geometry under large deformations [271]. Hence, for the AF and
NP, a hyperelastic formulation can be used and the total stress can be expressed as:
(Cauchy stress)
σ =
1
J
ϑU
ϑF
FT − pI (2.5)
or
(2nd Piola-Kirchhoﬀ stress)
S = F−1
ϑU
ϑF
− pI (2.6)
where F is the deformation gradient tensor involved in the calculation of the strain
tensor based on [272], and U is the strain energy function. Among many diﬀer-
ent relations presented in the literature, a Neo-Hookean model can be used for
the poro-hyperelastic solid matrix taking into account its deviatoric and volumetric
components:
UM =
G
2
(I1 − 3) + K
2
(J − 1)2 (2.7)
where G is the shear modulus, I1 the ﬁrst invariant of the right Cauchy-Green strain
tensor C, and K the bulk modulus of the porous solid skeleton. For the NP, this
corresponds the total strain energy function (U = UM). For the AF, the total strain
energy U is the additive contribution of the previous matrix formulation (UM) and
an anisotropic term (UF ) that considers reinforcement with ﬁbers that are orientated
in a criss-cross pattern ([273], [274]):
UF =
K1
K2
2∑
α=1
{
exp
[
K2
〈
Eα
〉2]− 1} (2.8)
where K1 and K2 are ﬁber stiﬀness-related parameters, and Eα is a strain-like quan-
tity representing the square of the stretch in the two directions of the ﬁbers.
For the ﬂuid phase of all tissues (AF, NP, and CEP), Darcy's law can be used to
integrate the pore pressure p through the relation of the ﬂuid mass ﬂow rate to the
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spatial gradient of the pore pressure:
νfn = −κ
µ
∇p (2.9)
νf being the ﬂuid velocity, n the porosity tensor of the material, κ the intrinsic
permeability and µ the dynamic viscosity of the ﬂuid (i.e. water) within the porous
solid. Note that biomechanical studies often report directly the hydraulic perme-
ability (i.e. the ratio κ
µ
). It has been suggested that the large deformations present
in the disc possibly make the permeability κ decrease with deformations and so,
strain-dependent models have been proposed for its calculation ([275], [276]). The
exponential constitutive law proposed by [275] was the following:
κ = κ0
[
e(1 + e0)
e0(1 + e)
]2
exp
[
M
(
1 + e
1 + e0
− 1
)]
(2.10)
where e is the current void ratio, i.e. the ratio between ﬂuid and solid matrix, κ0
and e0 the initial permeability and void ratio, respectively, and M an empirical
coeﬃcient. The two phases were assumed to be nearly incompressible, and the void
ratio varied with the porosity of the tissue according to:
e =
n
1− n (2.11)
The experimental complexity of perturbing soft materials is high and as a conse-
quence, direct measurement of the tissue poro-mechanical properties is not an easy
task. Accordingly, deﬁnition of healthy disc osmo-poro-hyperelastic properties is
often based on calibrations of the proposed constitutive laws in order to reproduce
simple mechanical test results ([277], [278]).
2.5.2 Tissue damage criteria
In case of degenerated tissues, due to the lack of experimental values, the poro-
mechanical disc response is often described by decreasing the porosity and swelling
capacity (i.e. p) and increasing the stiﬀness parameters (e.g. K) ([279], [280]).
However, from a biological standpoint, the multiphysics changes induced by disc
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degeneration, such as tissue dehydration and crack occurrence, cannot be captured
through similar parameter value adjustments. Moreover, these models have not
been validated so far. Recently, Malandrino and colleagues explored the eﬀect of an
introduced damage criterion on the bulk (K), shear (G) and porosity (n) parameters
[281] by simulating both the AF and NP as cracked continuums [282] inspired by
the theory of micromechanics. One of the main outcomes of the study was that
the consideration of tissue damage coupled to the classical IVD poro-mechanical
models achieved to represent known degenerative changes. Furthermore, it gave
degeneration-dependent material properties related to osmotic pressure (∆pi) and
water loss, and to increased ﬁbrosis. Such approach allowed validation of specimen-
speciﬁc IVD models suggesting possible anticipation of degeneration mechanisms via
in situ geometrical consideration of the disc morphology.
2.5.3 Load velocity eﬀect
Most of the FE models including poro-elastic disc formulations in the literature
explored important long-lasting phenomena, such as swelling and solute transport
([279], [283], [284]). However, only scarce information exists on IVD numerical
studies simulating rapid loads, i.e. loading at rates as fast as 1 Hz, that the IVD
experiences along activities such as walking. Actually, Rohlmann et al. [182] found
that the disc load can increase from 100 to 1000 N in just one 1s. Based on their
results, Stokes et al. [285] reported that poro-elastic models may become unstable
under such kind of fast loads and hence, the disc mechano-biological simulated re-
sponse could be signiﬁcantly aﬀected. Under a 1h compressive load, Schröeder et
al. [276] calculated unexpected stress peaks at the AF-NP boundary that could be
attributed to the material discontinuities existing in this speciﬁc zone. Ruiz et al.
[66] conﬁrmed this hypothesis simulating fast load rates in a poro-hyperelastic IVD
model. To limit such discontinuity eﬀect, the authors proposed the creation of a
material transition zone with a combined gradient of material properties and local
mesh reﬁnements. This strategy would improve the ability of poro-mechanical disc
models to link tissue level biomechanics with lower level phenomena, such as solute
diﬀusion.
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Chapter 3
Development of a novel active
lumbar spine muscle model
3.1 Description of the constitutive terms
In this chapter, the development of a new constitutive assembly is presented for
the description of the contraction of lumbar back muscles. Similar to previous 3D
extension approaches of Hill's model, the muscle is described as a ﬁber-reinforced,
transversely isotropic composite material with hyperelastic behavior assuming that
the respective strain energies of the matrix and the embedded muscle ﬁbers can be
decoupled [259].
Fibers were modeled including the PE, SE and CE elements based on [117] (Fig.
2.32) with the mathematical representation of the respective contributions inspired
from [254]. Accordingly, the strain energy stored in the muscle ﬁbers (UF ) was given
by:
UF (λf , ζ
CE) = T0
λf∫
1
fPE(λ)dλ+ T0
λf∫
1
fSE(λ, ζ
CE)dλ (3.1)
where λf is equal to
√
NTCN , N is the orientation vector of the ﬁber in the unde-
formed fascicle, and C the deviatoric part of the right CauchyGreen strain tensor
C. λf is equivalent to J−1/3λf , where λf is the longitudinal fascicle stretch ratio. T0
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is the maximum tetanic stress, and ζCE is the contraction amplitude reﬂecting the
muscle activation level of the CE: this parameter is further described in Eq. 3.9.
For the matrix, the dilatational (UJ) and deviatoric (UI) strain energy densities were
also decoupled considering a Neo-Hookean formulation for the UI and the deﬁnition
of [259] for the UJ . As such:
UI(I1) =
G
2
(I1 − 3) (3.2)
is the strain energy associated with the deviatoric response of the matrix, and
UJ(J) =
K
2
ln(J)2 (3.3)
is the strain energy associated with the volume change.
All in all, the overall strain energy of the muscle was given by:
U = UF (λf , ζ
CE) + UI(J) + UJ(I1) (3.4)
In Eqs. 3.2 - 3.4, J is the Jacobian determinant of the deformation gradient tensor
F, I1 is equal to J−2/3trC, that is the ﬁrst invariant of C, and G and K the matrix
shear and bulk modulus, respectively.
When non-activated, stretched muscles produced a positive ﬁber stress that devel-
oped only in the PE branch of the model (Fig. 3.1):
σPE = T0 · fPE(λf ) (3.5)
where
fPE(λf ) =
A(λf − 1)
2 if λf > 1
0 otherwise
(3.6)
Chen and Zeltzer [286] measured the passive force on frog muscles and proposed the
quadratic form presented in Eq. 3.6 to express the experimental f-l curve, where A
is a dimensionless material parameter deﬁned through ﬁtting with this curve.
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When muscles are activated, a stress response is additionally produced in the SE of
the active branch of the Hill-type assembly, in interaction with the CE. The total
active stress is given by:
σSE = T0 · fSE(λf , ζCE) (3.7)
where
fSE(λf , ζ
CE) =
0.1exp[100(λf − 1− ζ
CE)]− 1 if λf > 1 + ζCE
0 otherwise
(3.8)
is the contractile stress-stretch function (Fig. 3.1). The non-zero expression of
Eq. 3.8 represents the muscle response at the ascending (concentric) or descending
(eccentric) limb of the active f-l curve (Fig. 2.22), depending on the value of the
strain-like parameter ζCE that can be decoupled as:
ζCE =
LCE − LCE0
LM0
=
LCE0
LM0
(
LCE − LCE0
LCE0
)
= CCE · ε (3.9)
Eq. 3.9 means that ζCE is proportional to the engineering strain ε =
(
LCE−LCE0
LCE0
)
and
hence avoids explicit input of the activation level to describe active contraction in
the CE in agreement with the phenomenological approach of [254]. In other words,
the parameter controls the level of stretch-induced fascicle activation through the
active parameter CCE, i.e. the length between the resting (LCE0 ) and the optimal
(LM0 ) fascicle lengths. Since no quantitative information could be retrieved from the
existing literature about the mentioned fascicle lengths, the hypothesis proposed
by [243] was adopted; the length ratio L
CE
0
LM0
was considered equivalent to the ratio
between optimal and resting sarcomere lengths as follows:
LM0 = L
CE
0 ×
LS0
LS
⇔ L
CE
0
LM0
=
LS
LS0
(3.10)
where LS and LS0 are the resting and optimal sarcomere lengths, respectively. Ac-
cordingly, the CCE value was considered consistent among all fascicles of a given
muscle group and was calculated by normalizing the LS estimations reported in [27]
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per fascicle with LS0 set equal to 2.8 µm based on [101], [102]:
CCE =
LCE0
LM0
=
LS
2.8
(3.11)
Similar to [254] and [287], the model considered the velocity of deformation of the
CE as the time derivative of the parameter ζCE here implicitly calculated as the
rate of ε change along the simulations. As such, the velocity values depended on the
strain ε, and on the muscle group via the value of CCE. The maximum contraction
velocity (vmax) was reached when the muscle force was zero (Fig. 2.19), i.e. when
λf was lower or equal to 1 + ζCE based on the criterion of Eq. 3.8.
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Figure 3.1: Active, passive and total normalized f-l relationship of the proposed model
based on Eqs. 3.6, 3.8.
Finally, the second Piola-Kirchhoﬀ stress tensor S was obtained from the derivation
of the overall strain energy function (Eq. 3.4) with the substitution of the related
terms from Eqs. (3.1-3.3):
S = 2
ϑU
ϑC
=
G
2
(
2J−2/3I− 2
3
I1C
−1
)
+K ln JC−1+U ′F
[
J−2/3λ
−1
f (N ⊗N)−
1
3
λfC
−1
]
(3.12)
where
U ′F = U
′
PE(λf ) + U
′
SE(λf , ζ
CE) (3.13)
with
U ′PE(λf ) = T0 · fPE(λf ) (3.14)
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and
U ′SE(λf , ζ
CE) = T0 · fSE(λf , ζCE) (3.15)
Using Eqs. 3.12 - 3.15 and according to the continuum mechanics theory, the Cauchy
stress σ was related to the second Piola-Kirchhoﬀ stress tensor S by the following
relation:
σ =
1
J
FSF−T =
G
2J
(
2B− 2
3
I1I
)
+
K ln J
J
I+
T0
J
[
(fPE + fSE)
(
λf (n⊗ n)− 1
3
λfI
)]
(3.16)
where n is the ﬁber direction in the deformed state, I the second-order unit tensor,
and B the deviatoric part of the left Cauchy-Green tensor B. The expressions fPE
and fSE were calculated based on Eqs. 3.6, 3.8.
All in all, the constitutive model proposed involved ﬁve material parameters; three
passive (A,G,K), one active (CCE) and the maximum tetanic stress (T0).
3.2 Literature-based exploration of the model parameters
For the passive parameters, thorough literature review showed that no speciﬁc values
have been reported for back muscles. As such, initial parameter deﬁnition was based
on the existing data for skeletal muscles.
Since the matrix was represented as nearly incompressible, K was prescribed to be
1000 times G ([258], [288]), the value of G being derived from [254]. As for A, a
parameter value set to 4 gave the best ﬁt to the experimental curve based on the
measurements of [286] in frogs. Given the similar striated form of human and frog
skeletal muscles, this value was later used in human muscle constitutive models, such
as in [254] and [261], and was also adopted in the present model. T0 has been found
to vary both from species to species and from subject to subject. According to the
reported range of 0.16-1 MPa reported for skeletal muscles [256], an average value
equal to 0.46 MPa was used similar to [183]. Parameter values are summarized in
Table 3.1.
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Table 3.1: Literature-based deﬁnition of the constitutive model parameters (A,K,G, T0).
PE parameters Matrix parameters
A (dimensionless) 4·2 G (MPa) 16·420×10−4
T0 (MPa) 0·46 K (MPa) 1·642
In [254], the authors controlled the muscle contraction through diﬀerent ζCE values
each of which represented a diﬀerent deformation state of the simulated muscle. That
is, the ζCE parameter was treated directly as muscle strain ε. In this framework,
the ζCE was rather considered as strain adjusted via the active parameter CCE for
each muscle (Eq. 3.9). Nonetheless, no CCE values could be found in the literature.
Hence, a ﬁrst set of values was calculated for the MF, PS, IL and LT muscles (Table
3.2) based on Eq. 3.11 and the LS estimations per muscle as reviewed in [27].
Table 3.2: Literature-based deﬁnition of the CCE parameter.
CE parameters
MF 0·811
CCE LTpL, LTpTh 0·825
(dimensionless) ILpL 0·846
PS 1·111
However, when tested for single fascicle elements, these values did not always allow
fulﬁlling the strain-based criteria (Eq. 3.8) in order to induce activation. Therefore,
a parametric analysis was performed to explore the CCE in a range of strain levels
potentially achieved during loading of the spine.
3.3 Parametric study of the CCE parameter
Based on Eq. 3.8, the active parameter CCE controls the muscle contraction through
the value of the criterion:
fcrit = λf − 1− ζCE (3.17)
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where λf is the modiﬁed fascicle stretch. For any diﬀerential line element, λf can
be related to the engineering strain ε through:
λf = J
−1/3λf = λ
2/3
f = (ε11 + 1)
2/3 (3.18)
considering that when the truss element (i.e. fascicle) is aligned with the x1-axis the
Jacobian determinant J = λ1 = λf . As such, using Eqs. 3.9 and 3.18, the criterion
in Eq. 3.17 can be rewritten as:
fcrit = (ε11 + 1)
2/3 − 1− ε11CCE (3.19)
The above formulation was used to deﬁne: (i) two CCE values as activation thresh-
olds and, (ii) a speciﬁc set of values based on these thresholds for each simulated
muscle when the latter is concentrically (CCE1) and eccentrically (CCE2) contracted.
Only values allowing to fulﬁll the strain-based criteria for muscle activation were ac-
cepted (fcrit > 0). The explored strains ranged between ±30% considering previous
experimental models reporting that sustained compression over 20% [289] or exces-
sive stretching above 30% strain [290] may increase the risk of cytoskeletal damage
[291]. Actually, numerical simulations showed that only one fascicle deformed up to
19% in ﬂexion, and around ±2% in standing (Chapters 4 and 5).
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Figure 3.2: Activation thresholds (CMFCE , C
PS
CE) calculated from Eq. 3.9, and suggested
range of CCE values (shadow regions) under diﬀerent deformation levels.
As shown in Fig. 3.2, two limit CCE values were calculated: 0.706 in maximum
concentric contraction and 0.637 in maximum eccentric contraction. In order to
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suggest a set of CCE values per muscle (one for each type of contraction), a hypothesis
was made based on the morphometric data reviewed in [27]: since MF had the
shortest sarcomeres in length (LS) among the studied muscles, it was assumed that
the limit value found in concentric contraction should be assigned to MF. Then
the CCE for the rest of the muscles were calculated by preserving the proportion of
activation between each muscle and MF as described in Eq. 3.20 below. The same
concept was used in eccentric contraction where the limit CCE value was assigned
to PS (longest sarcomeres) and therefore the proportions were calculated related to
this muscle as follows:
CCE =

CMFCE ×
LS
LSMF
if εf < 0
CPSCE ×
LS
LSPS
if εf > 0
(3.20)
where LS values were derived from [27], CMFCE is equal to 0.706, and C
MF
CE to 0.637.
The values were considered to be consistent among all fascicles of the same muscle
and are summarized in Table 3.3. Grey shadow regions in Fig. 3.2 show the range
of the CCE values suggested in both types of contraction.
Table 3.3: CCE parameter values per muscle based on the parametric study
(CE1=Concentric contraction, CE2=Eccentric contraction).
CE parameters CCE1/CCE2
MF 0.706/0.465
CCE LTpL,LTpTh 0.718/0.473
(dimensionless) ILpL 0.737/0.485
PS 0.967/0.637
As such, in order to calculate the active contraction of each muscle through Eq. 3.8,
an updated ζCE was considered per muscle depending on whether the fascicles were
shortened (CCE1) or stretched (CCE2):
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ζCE =
CCE1 · εf if εf < 0CCE2 · εf if εf > 0 (3.21)
In total, a set of six parameter values was required for the full deﬁnition of the
material properties of each muscle: four parameter values for the (A,K,G, T0) as
described in Table 3.1 that were common for all simulated muscles, and another
set of two values for the active parameter CCE as reported in Table 3.3 that was
diﬀerent per muscle.
3.4 Patient-speciﬁc calibration of the model parameters
A step forward would be the deﬁnition of a personalized set of muscle parameters,
hereafter named patient-speciﬁc, in order to represent more realistically the muscle
function of a patient based on kinematical data of subjects with LBP. An indirect
way to perform this is through correlations between KD-driven and FE-predictive
force results. That is, KD fascicle force estimations derived from a previously re-
ported RB model of a degenerated spine using inverse dynamics analysis and static
optimization [28] were compared with the (FE) force predictions based on the con-
stitutive model presented. The objective was the calculation of an optimum set of
muscle parameter values that match the fascicle force results.
3.4.1 Design of the optimization scheme
The optimization scheme was designed to calculate the values of all ﬁve muscle pa-
rameters per fascicle and per lumbar level. At ﬁrst, FE models were developed using
single truss elements in the FE commercial software ABAQUS (Simulia, Providence,
RI, USA) for all the fascicles of the MF, ILpL and LTpL with attachments between
L1/L2 and L5/S1 levels. For their deﬁnition, geometrical properties were derived
from [183]. In [28], a hyperlordosis (extension-like) motion was simulated based on
the kinematical range of motion and spinal curvature derived from in vivo dynamic
MRI of a patient with LBP. Therefore, to reproduce the motion, each fascicle model
69
FE SIMULATION OF THE HEALTHY AND DEGENERATED LS
was deformed according to the calculated musculo-tendon (MT) length changes that
were provided by the authors (UMR CNRS 7338 Biomechanics and BioEngineering
group, UTC, Compiègne, FRANCE).
An objective function was deﬁned as the average least square diﬀerence between the
KD and FE estimated fascicle forces during hyperlordosis motion as follows:
Xhyp =
N∑
j=1
(KDj − FEj)2
N
(3.22)
where
FEj = σj(x(k)) · PCSAj (3.23)
with σ(x(k)) calculated as in Eq. 3.16 for each fascicle j, and N the number of
points considered for the optimization between the reference (supine) and the ﬁ-
nal deformed (max extended) position. When only maximum extended position
is considered, then N = 1. The downhill simplex method was run in the com-
mercial software MATLAB R2009a (The Mathworks, Inc., Natick, MA) through a
user-deﬁned script to minimize the objective function (Eq. 3.22) and to calculate
an optimum vector x(k) for the constitutive parameters, where k = 1, ..., 5 corre-
sponded to T0, G,K,A,CCE, respectively. The values for the initial vector x0(k) to
be optimized were chosen based on Tables 3.1 for T0, G,K,A, and Table 3.3 for CCE1
or CCE2 depending on the type of contraction. For all parameters but T0 values were
constrained to be positive, while for T0 the reported range between 0.16 and 1 MPa
[256] was used as a constraint.
FE-predicted forces (FE) were obtained by coupling the constitutive equation scheme
(Eqs. 3.1 - 3.16) to each fascicle model via user-deﬁned material subroutines (UMAT)
and imposing the displacement as calculated by the MT length change (Table 3.5).
KD force estimations (KD) were directly derived from [28]. All in all, the optimiza-
tion scheme was deﬁned as follows:
minimize Xhyp
subject to:
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0.16 < x(1) < 1.0, x(2) > 0, x(3) > 0,
x(4) > 0, x(5) > 0,
x0(k) = (0.46, 0.001642, 1.642, 4.0, CCE1 if εf < 0, or CCE2 if εf > 0)
Optimizations were run for 25 single truss models of the local fascicles, i.e. MF,
lumbar IL and LT. The parameter set for thoracic LT was not optimized since these
fascicles were not represented in the KD-model [28].
3.4.2 Optimized muscle parameter values per fascicle and lumbar level
Optimization results were obtained for all 25 fascicles in low real time (about 4
hours per fascicle). The algorithm was tested using either one or multiple points N
resulting in minor diﬀerences on the optimized values. Hence, only the results with
one point are reported here. Fig. 3.3-3.5 were used to analyze the values obtained
per level and per fascicle.
For T0, optimization results (0.47 - 0.51 MPa) varied up to maximum 10% from
the initial T0 (0.46 MPa). Particularly, for MF (Fig. 3.3), the maximum variation
calculated among fascicles of the same level was approximately 3% at L2/L3. For
ILpL (Fig. 3.4) and LTpL (Fig. 3.5), the max T0 value (L5/S1) was around 4 and
6% higher than the minimum value calculated for each muscle, respectively. The
optimized values lied around the mean of the suggested range from 0.23 to 1.0 MPa
for diﬀerent skeletal muscles available in the literature ([233], [292], [293], [183], [294],
[295], [296]). Still, since T0 values have not been previously explored per fascicle, no
straightforward correlation could be performed.
For G, low variation around 2 and 3% was calculated from the initial guess (1.642 x
10−3 MPa) for most muscle fascicles. Maximum optimization value was calculated
for MF (Fig. 3.3) and ILpL (Fig. 3.4) at L2/L3 level (1.695 x 10−3 MPa). For K,
the proportion of 1000 times the G value to simulate a nearly incompressible tissue
was preserved for most fascicles after the optimization (Table 3.4). For MF, K opti-
mization values at all levels but L4/L5 were around 1.46 MPa being approximately
12% lower than the initial value (1.642 MPa) (Fig. 3.3). The results for ILpL and
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LTpL had a similar inter-level variation with values decreasing caudally down to
1.407 MPa at L5/S1 (Fig. 3.4, 3.5).
As discussed previously, A is a phenomenological parameter that was ﬁtted against
f-l measurements performed in frogs [286]. For the majority of the fascicles, the op-
timized parameter values ranged around the initial guess equal to 4.0 corresponding
to the best experimental ﬁt (Table 3.4). Optimizations gave minimum value of 3.4
for MF at the uppermost lumbar level, while the results for all other MF fascicles
and the other two muscles were slightly lower than 4.0 (Fig. 3.3, 3.5).
For CCE, the optimization algorithm calculated 25 values, that is one per fascicle
and per level as listed in Table 3.4. Fig. 3.3-3.5 show that, for all muscles studied,
the results presented a small caudal inter-level increase of the activation value. Pa-
rameter CCE ranged from 0.81 to 0.91 among the fascicles of all three groups and it
was always higher than the initial guess (CCE1 or CCE2) (Table 3.3). By calculating
the average per muscle, mean optimized values of 0.84, 0.83 and 0.84 were found
for MF, ILpL and LTpL, respectively. Compared to the morphology-based calcu-
lations performed previously (Table 3.2), small relative diﬀerences were calculated
demonstrating the realistic nature of the values obtained. Indeed, deformation of
full FE LS models showed that assigning one CCE (optimized value) per fascicle
without strain criteria allowed always muscle activation for the simulated activities
where muscles were never strained over ±20% (Chapters 4, 5). Moreover, towards
the general objective of fully personalized models, the consideration of one P-SP
CCE value per fascicle is also advantageous since it reduces the necessary number of
parameter values to be deﬁned per model.
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G (MPa)
L1/L2 L2/L3 L3/L4 L4/L5 L5/S1
1.61´10 -3
1.62´10 -3
1.63´10 -3
1.64´10 -3
1.65´10 -3
1.66´10 -3
1.67´10 -3
1.68´10 -3
1.69´10 -3
1.70´10 -3
K (MPa)
L1/L2 L2/L3 L3/L4 L4/L5 L5/S1
0.642
0.742
0.842
0.942
1.042
1.142
1.242
1.342
1.442
1.542
1.642
A
L1/L2 L2/L3 L3/L4 L4/L5 L5/S1
2.4
2.6
2.8
3.0
3.2
3.4
3.6
3.8
4.0
4.2
4.4
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L1/L2 L2/L3 L3/L4 L4/L5 L5/S1
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T0 (MPa)
L1/L2 L2/L3 L3/L4 L4/L5 L5/S1
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0.48
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0.50
0.51
0.52
Figure 3.3: Variation of the optimized parameter values for MF calculated per level and
per fascicle. Dashed lines correspond to the generic parameter values.
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G (MPa)
L1/L2 L2/L3 L3/L4 L4/L5
1.59´10 -3
1.60´10 -3
1.61´10 -3
1.62´10 -3
1.63´10 -3
1.64´10 -3
1.65´10 -3
1.66´10 -3
1.67´10 -3
1.68´10 -3
1.69´10 -3
1.70´10 -3
K (MPa)
L1/L2 L2/L3 L3/L4 L4/L5
1.380
1.400
1.420
1.440
1.460
1.480
1.500
1.520
1.540
1.560
1.580
1.600
1.620
1.640
1.660
A
L1/L2 L2/L3 L3/L4 L4/L5
3.4
3.5
3.6
3.7
3.8
3.9
4.0
4.1
CCE
L1/L2 L2/L3 L3/L4 L4/L5
0.45
0.50
0.55
0.60
0.65
0.70
0.75
0.80
0.85
0.90
T0 (MPa)
L1/L2 L2/L3 L3/L4 L4/L5
0.42
0.43
0.44
0.45
0.46
0.47
0.48
0.49
0.50
0.51
0.52
Figure 3.4: Variation of the optimized parameter values for ILpL calculated per level
and per fascicle. Dashed lines correspond to the generic parameter values.
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G (MPa)
L1/L2 L2/L3 L3/L4 L4/L5 L5/S1
1.59´10 -3
1.60´10 -3
1.61´10 -3
1.62´10 -3
1.63´10 -3
1.64´10 -3
1.65´10 -3
1.66´10 -3
1.67´10 -3
1.68´10 -3
1.69´10 -3
1.70´10 -3
K (MPa)
L1/L2 L2/L3 L3/L4 L4/L5 L5/S1
1.380
1.400
1.420
1.440
1.460
1.480
1.500
1.520
1.540
1.560
1.580
1.600
1.620
1.640
1.660
A
L1/L2 L2/L3 L3/L4 L4/L5 L5/S1
3.4
3.5
3.6
3.7
3.8
3.9
4.0
4.1
CCE
L1/L2 L2/L3 L3/L4 L4/L5 L5/S1
0.45
0.50
0.55
0.60
0.65
0.70
0.75
0.80
0.85
0.90
T0 (MPa)
L1/L2 L2/L3 L3/L4 L4/L5 L5/S1
0.42
0.43
0.44
0.45
0.46
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0.48
0.49
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0.51
0.52
Figure 3.5: Variation of the optimized parameter values for LTpL calculated per level
and per fascicle. Dashed lines correspond to the generic parameter values.
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Table 3.4: Optimization results of the muscle parameters calculated for the MF and lumbar IL, LT per level and fascicle.
MF Muscle parameter
Level T0 (MPa) G (MPa) K (MPa) A CCE
L1L2 0.488/0.488/0.487/0.483 1.688/1.686/1.688/1.679 x 10−3 1.476/1.478/1.478/1.479 3.87/3.39/3.90/3.90 0.81/0.81/0.82/0.81
L2L3 0.480/0.493/0.485/0.488 1.687/1.687/1.695/1.690 x 10−3 1.475/1.462/1.478/1.473 3.88/3.88/3.91/3.90 0.81/0.83/0.82/0.82
L3L4 0.492/0.501/0.498 1.650/1.678/1.662 x 10−3 1.469/1.436/1.448 3.84/3.82/3.85 0.84/0.84/0.83
L4L5 0.511/0.501/0.500 1.661/1.668/1.673 x 10−3 1.476/1.090/1.077 3.81/4.14/4.17 0.87/0.85/0.85
L5S1 0.502/0.508 1.644/1.675 x 10−3 1.451/1.442 3.79/3.79 0.88/0.87
ILpL Muscle parameter
Level T0 (MPa) G (MPa) K (MPa) A CCE
L1L2 0.476 1.632 x 10−3 1.551 3.86 0.82
L2L3 0.473 1.633 x 10−3 1.532 3.88 0.83
L3L4 0.472 1.606 x 10−3 1.502 3.92 0.84
L4L5 0.490 1.674 x 10−3 1.418 3.89 0.89
L5S1 - - - - -
LTpL Muscle parameter
Level T0 (MPa) G (MPa) K (MPa) A CCE
L1L2 0.475 1.608 x 10−3 1.518 3.90 0.82
L2L3 0.481 1.697 x 10−3 1.479 3.90 0.83
L3L4 0.499 1.642 x 10−3 1.470 3.89 0.84
L4L5 0.503 1.666 x 10−3 1.422 3.83 0.88
L5S1 0.505 1.649 x 10−3 1.407 3.79 0.91
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Next, the FE force predictions before and after the optimization were studied in
relation to the KD estimations from [28]. As listed in Table 3.5, a remarkable
decrease was calculated for all fascicle forces and particularly for those arising from
the upper lumbar levels. The perfect agreement in the force values between the two
models achieved after the optimization demonstrated the robustness of the designed
scheme. Interestingly though, such signiﬁcant reduction in the force magnitudes did
not correlate with the small variation of the parameter values obtained.
Table 3.5: Fascicle forces calculated using the FE-predictive model before and after the
optimization.
Muscle Level Fascicle forces (N)
FE FEopt KDa
L1L2 13.30/27.76/22.53/26.44 0.09/0.19/0.16/0.28 0.09/0.19/0.16/0.28
L2L3 27.81/16.94/60.93/53.09 0.10/0.44/0.44/0.45 0.10/0.44/0.44/0.45
MFb L3L4 53.09/27.76/16.12 0.25/0.24/0.24 0.25/0.24/0.24
L4L5 20.01/4.91/4.83 0.14/0.22/0.21 0.14/0.22/0.21
L5S1 12.14/14.19 0.33/0.10 0.33/0.10
L1L2 52.23 0.96 0.96
L2L3 64.92 1.69 1.69
ILpL L3L4 53.14 1.46 1.46
L4L5 23.20 2.92 2.92
L5S1 - - -
L1L2 41.77 0.35 0.35
L2L3 41.77 0.40 0.40
LTpL L3L4 25.54 0.47 0.47
L4L5 11.72 0.48 0.48
L5S1 11.72 0.50 0.50
aDao et al. [28]
bFirst value corresponds to the fascicle arising from the laminar process (LAM) and the following to tho-
se arising from the spinous processes (SP) varying in number between one and three depending on the level.
As aforementioned, in order to reduce the computational cost of the procedure,
initial FE predictions were made using single fascicle elements instead of full LS
MSL models. As a result, the predicted fascicle forces in each case did not take
into account the synergistic eﬀect of other muscles. Such limitation might explain
the signiﬁcantly higher FE force values calculated before the optimization. Fur-
thermore, since the optimization scheme was coupled to isolated muscle fascicles,
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the minimization of the objective function was also performed each time for the
particular fascicle without considering, for example, the mechanical response of the
rest of the fascicles at that level. The KD force estimations on the contrary were
obtained after a simultaneous minimization of the fascicle activations using a full
lumbar kinematical model [28]. Therefore, such simpliﬁcations in the conﬁguration
used might explain the small deviation of most optimized values from the initial
parameter vector x0.
A closer analysis of the relation between parameter sensitivity and the minimization
of the objective function Xhyp was necessary to better interpret the results. For
each fascicle, parameter values were plotted against the corresponding values of the
objective function until the Xhyp reached its global minimum value and each param-
eter was optimized. As such, for instance, for ILpL, ﬁve plots were generated per
fascicle, making in total 20 plots for this muscle. The CCE variation pattern was
found to clearly follow the minimization proﬁle of the objective function for most
fascicles (Fig. 3.6), while among the passive parameters a more irregular pattern
was seen (Fig. 3.7).
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Figure 3.6: Variation of the CCE values (red horizontal axis) during the minimization
of the objective function: L2 ILpL (left) and L1 MFS3 (right).
In some cases, such as the ILpL at L4/L5 and MF at L5/S1 (Fig. 3.8), apart from
the CCE, parameters K and A also showed an important eﬀect on the reduction of
the Xhyp. It was suggested therefore, that the combined eﬀect of the minimizing
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Figure 3.7: Variation of the G (left) and T0 (right) parameter values for the L1 LTpL.
pattern of three parameters (i.e. CCE, K,A) might be related to the dramatic de-
crease in force predictions.
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Figure 3.8: Variation of the K (blue horizontal axis) and A (green horizontal axis)
during the minimization of the objective function: L4 ILpL (left) and L5 MF (right).
To sum up, a P-SP set of ﬁve parameter values was deﬁned for each of the 25 fascicles
optimized making in total a number of 80, 25 and 20 parameter values deﬁned for
the MF, lumbar LT and lumbar IL fascicles, respectively (Table 3.4). Whether the
optimized set of values would vary signiﬁcantly if KD estimations were calculated
under a diﬀerent physical task, such as ﬂexion, or if a multi-objective optimization
algorithm was used ([297], [298]) cannot be anticipated. Ideally, a speciﬁc set of
muscle parameter values must be deﬁned per each subject studied.
All in all, with all limitations in mind, the methodology proposed managed to address
the following points:
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 The development of a novel constitutive equation assembly that involved a
limited number of ﬁve parameters able to be personalized using, for instance,
elastography [115] or dynamic MRI techniques [28].
 The numerical exploration of the range of values of the basic muscle mechanical
parameters, such as the T0, G and K, for the ﬁrst time for the lower back
muscles.
 The suggestion of an optimized set of parameter values per fascicle that seems
particularly appropriate to calculate realistic f-l curves using the constitutive
formulation proposed.
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Chapter 4
Development of a generic L3-S1 FE
musculoskeletal model
4.1 Introduction
In Chapter 3, a novel hyperelastic, constitutive formulation was presented aiming
to describe muscle contraction by decoupling the active and passive contributions
of its components (matrix and embedding ﬁbers). In this chapter, a L3-S1 FE
MSL model will be developed to test the ability of this methodology to simulate
the function of major back muscles in three spine postures: ﬂexed, standing and
lying, the latter mimicking the trunk position during night rest. The deﬁnition of
the loading conditions applied to simulate each posture, and the material properties
assigned to the tissues involved, i.e. IVD, vertebrae, ligaments and muscles, will be
detailed. For all simulations, the muscle/osteoligamentous spine relationship will be
assessed by studying the predicted muscle activation patterns, muscle strains and
forces, as well as the IDP. The load distributions obtained after rest will be used
to address the existence of possible interactions between muscle function and IVD
multiphysics. As an indirect validation of the method proposed, experimental data
from previous studies will be used for correlations with the IDP values predicted by
the model.
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4.2 Methods
For the osteoligamentous geometry, a bi-segment FE model developed previously
[299] featuring the L3-L5 lumbar levels was used as a base model. This assembly was
ﬁrst extended to include the lumbosacral joint (L5/S1) whose sagittal balance was
proportionally related to the model's lordosis according to anatomical measurements
([300], [183]). Fig. 4.1 shows the generic (healthy) FE MSL model developed involv-
ing the L3-S1 lumbar levels. The model has four diﬀerent groups of element-type:
shell elements (vertebrae), hexahedral elements (discs and facets), truss elements
(muscles and ligaments), and beam elements (network for load application).
4.2.1 Modeling the back muscle network
4.2.1.1 Geometry
A muscle architecture was developed representing the major local (attached to lum-
bar vertebrae and sacrum: MF, LTpL, ILpL) and global (attached moreover to
thoracic and femur levels; LTpTh, PS) muscles related to the lumbar region. The
bony insertions of the relevant muscle fascicles were adapted on the speciﬁc anatomy
of the previously described FE model. Overall, the L3-S1 muscle network consisted
of 23 sagitally symmetric fascicle pairs (13 local and 10 global) as presented in Fig.
4.1. Unidirectional elements (T3D2 element type) with straight lines of actions were
used to model all fascicles without considering muscle wrapping. Fascicle 3D ori-
entations and equivalent PCSA were based on anatomic studies and radiographic
measurements as reported by ([183],[128],[27]). Table 4.1 summarizes the PCSA and
the MT rest lengths deﬁned per fascicle and level.
For the MF, a multi-segmental arrangement was simulated following previous anatom-
ical descriptions ([162],[37]). Three antero-posterior groups were introduced for the
deep, intermediate and superﬁcial fascicles with insertions distributed along the
lumbar and sacral levels. In total, the MF involved eight fascicle pairs.
The geometry of each LTpL and ILpL fascicle with a known origin O was represented
according to the approximation proposed in [183] (Fig. 4.2). A set of axial (Xa)
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Table 4.1: Geometrical muscle modeling parameters per fascicle between
L3 and S1.
Muscle Fascicle PCSA (mm2) LCE0 (mm)
L3 23 41.32
S3,1 52 76.22
S3,2 52 136.14
L4 17 41.46
S4,1 47 68.70
MF S4,2 47 111.37
L5 36 169.99
S5,1 23 69.83
ILpL L3 182 86.91
L4 189 50.31
L3 103 106.60
LTpL L4 110 66.86
L5 116 26.67
L3 56 63.01/173.40/81.93
LTpTha L4,1 45 92.98/129.11/108.49
L4,2 44 61.36/202.47/55.27
L5 64 91.72/176.10/60.67
TP3 173 252.42
L3L4 191 233.06
PS TP4 120 224.57
L4L5 119 205.58
TP5 36 195.21
VB5 79 184.54
aThe multiple LCE0 values per level correspond to the short fascicles attached between
the lumbar and thoracic levels. For instance, LTpTh3 consists of one fascicle with insertions
into L3 and L1 TP, and another two between L1, T7 and T7, T3 levels.
and shear (Xs) lines of action was resolved in the local Coordinate System (CSYS)
of the vertebra of origin and of each successively lower level k interposed between
the origin and insertion points as follows:
Xa0 = Xsag · cosλ, Xam =
Xa0 · cos
(
λ0 −
m∑
k=1
βk
)
cosλ0
(4.1)
Xs0 = Xsag · sinλ, Xsm =
Xs0 · sin
(
λ0 −
m∑
k=1
βk
)
sinλ0
(4.2)
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Figure 4.1: (A) Right sagittal, (B) frontal and (C) top transverse views of the L3-S1
FE MSL spine model.
where Xsag the sagittal fascicle projection, λ the angle between the fascicle and the
long axis of the vertebra, and β and βk the intersegmental lordotic angles at the level
of origin or at each successive level k. Xsag and λ values were directly derived from
[183], while β, βk angles were calculated based on the FE lumbar spine geometry of
each model. For the LTpL, one fascicle pair was simulated per lumbar level, i.e. in
total three pairs for the L3-S1 model. For the ILpL, two fascicle pairs were modeled
according to the descriptions discussed in 2.2.5.
Due to the lack of thoracic cage representation in the models, the LTpTh fascicles
were modeled with cranial insertions reconstructed to simulate the lines of action
that virtually reach the T3T6 levels of the thorax. For the initial conﬁguration
explored, i.e. L3-S1 model, a common MT rest length was assumed for all thoracic
elements based on the L3 LTpTh length reported in [27]. Accordingly, a common
rostral insertion of the fascicle cranial ends was hypothesized as an enlarged trans-
verse process of the third thoracic vertebra (T3) and was modeled as a rigid rod as
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shown in Fig. 4.1A. In total, four fascicles of the LTpTh were incorporated on each
side of the L3-S1 model.
Figure 4.2: A diagram of a motion segment showing the relationship between the (a)xial
and (s)hear vectors of the fascicle OI (O=origin; I=insertion point).
Figure 4.3: Deﬁnition of the PS fascicle femoral in-
sertion. MF S3,2 refers to the MF superﬁcial fascicle
arising from L3/L4.
As for the PS, in lack of femur geom-
etry, the site of the common caudal
insertion (femoral lesser trochanter)
was approximated in relation to the
PS rest lengths reported by ([27],
[128]), to the sacral attachments of
the longest fascicles of the model,
i.e. the MF superﬁcial fascicles, and
to the femur FE model of [301].
That is, based on [37], the caudal
attachment points of the L3/L4 MF
superﬁcial fascicles lie lateral to the
4th posterior sacral foramina site.
In an average human pelvis, this foramina could be approximately considered as
horizontally aligned to the femoral head in the frontal plane (Fig. 4.3). Accordingly,
the axial distance between the femoral head and the lesser trochanter eminence
in the conﬁguration of [301] was used as a proportion for the deﬁnition of the PS
femoral insertion based on the modeled MF superﬁcial fascicle insertions into the
sacrum. In addition, manual calculations of the sacrum and vertebra proportions
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between a human skeleton (male subject, Sawbone) and the spines measured in [37]
were performed (∼ 1.7:1) in order to conﬁrm a realistic representation of the muscle
anatomy in the model. In total, six overlapping segmental fascicles were incorpo-
rated on each side between the anterolateral aspects of the vertebra and the lesser
trochanter of the femur.
4.2.1.2 Material parameters
In the L3-S1 FE model, the passive parameter values for all muscles were deﬁned
as in Table 3.1. For the active parameter CCE, the values calculated from the
parametric study reported in Table 3.3 were assigned.
4.2.2 Description of the material behavior of the passive tissues
4.2.2.1 Ligaments
The model included seven groups of ligaments (ALL, PLL, LF, CL, SS, IS, ITL)
represented by truss elements as in [228]. Non-linear elastic tensile behavior, modeled
through a power law for the toe region and via a linear stress-strain relationship
for the linear region was deﬁned for all groups involving in total three material
parameters (A, B and C) [82]. Parameter values based on experimental data were
assigned to the ligaments per level as reported in Table 1 of the cited study.
4.2.2.2 VB
The shells that represented the VB were modeled as a quasi-rigid material using
isotropic elastic properties. A Young's modulus equal to 30 GPa and Poisson's ratio
of 0.3 were prescribed to all lumbar VB levels.
4.2.2.3 IVD
As described in 2.5.1, poro-hyperelastic behavior for the AF and NP and poro-elastic
for the CEP with strain-dependent permeability (Eq. 2.10) were considered for all
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disc sub-structures (NP, AF, CEP) based on the Biot theory and previously re-
ported studies ([302], [279]). For the NP, an osmo-porohyperelastic law (Eqs. 2.5,
2.7) involving the tissue swelling capacity was implemented via user-deﬁned material
subroutines (UMAT). The AF was modeled as anisotropic poro-hyperelastic mate-
rial reinforced with two families of ﬁbers through the Holzapfel-Gasser-Ogden form
already implemented in Abaqus libraries (Eqs. 2.7, 2.8). No material transition
zone was included between the AF and NP. The CEP behavior was deﬁned via a
poroelastic material also implemented. At all lumbar levels, poromechanical prop-
erties for healthy discs were assigned per region (Table 4.2) to conduct simulations
for healthy subjects.
Table 4.2: Set of poromechanical properties for the simulated healthy discs.
e0
a κ0 (mm4/N s)a Ma G (MPa)b K (MPa) ∆pi (MPa)a
AF 3.0 0.0002 8.5 0.95 0.37a -
NP 4.9 0.0009 8.5 0.47 0.16a 0.15
CEP 4.0 0.0025 8.5 8.55 10.10b -
aDerived from [279].
bCalculated based on the mechanical properties (E, ν) reviewed in [302].
4.2.3 Boundary conditions and simulated postures
4.2.3.1 Boundary conditions
For the local muscles, displacements of the sacral attachment points were constrained
in all directions (Ui = 0, i = x, y, z direction). For the LTpTh, the rigid rod discussed
before was only constrained in the sagittal plane for the simulation of standing
position (Uy = 0). The lower endplate of the L5/S1 IVD as well as the upper facets
of S1 that were included in the model were ﬁxed in all directions for all simulations.
A condition of free ﬂuid ﬂow was simulated at the external disc boundaries by
considering nil external pore pressure (P = 0).
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4.2.3.2 Simulated postures
 Flexion
Figure 4.4: Point of application of the
10° rotation to simulate forward ﬂexion.
An anterior sagittal rotation of 10° was simulated
on the uppermost lumbar level of the model, i.e.
L3/L4, along a time step of 80 sec. The rotation
vector was applied to a central node so that it
would be transferred to the spine along a beam
network attached to the L3 BEP as shown in Fig.
4.4.
 Lying
Figure 4.5: Osmotic pressure equal to 0.15 MPa
was applied to the NP of all discs to simulate lying
position (night rest).
In order to represent rest position, a free
IVD swelling condition due to an ini-
tial gradient of osmotic pressure ∆pi be-
tween the NP and the IVD boundaries
was considered at all levels according to
[303]. A swelling equal to 0.15 MPa was
applied in the NP (Fig. 4.5) and was
simulated for a period of 8 hours aiming
to mimic a typical overnight rest.
 Standing
For the simulation of standing posture, a heterogeneous distribution of body vol-
umes and densities along the spine was considered according to ([304], [305]). The
magnitude and point of application of an equivalent gravity load per simulated level
was calculated for a given BW (70.8 kg for the L3-S1 model). To do this, the body
mass (BM) distributions were translated into punctual static loads in function of the
contribution expected from the rest of the upper body. In order to place these verti-
cal loads, an eccentric path passing through the diﬀerent segmental centers of mass,
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COM, anterior to the vertebral center, VC, was deﬁned. Accordingly, the postero-
anterior distance, Ri, between VC and COM was calculated per lumbar level. Fig.
4.6 shows the deﬁnition of this path according to the COM and VC locations. The
methodology used was generalized in order to be useful for simulations at full L1-S1
LS models that will be detailed in Chapter 5. As such, the data presented in the
following tables refer to all lumbar levels from L1 to S1.
For the loads associated to the weight of the head and the cervical spine (C1-C7),
the percentages of BM per i1 segment, BMi(%), with respect to the total BW were
deﬁned based on previous average estimations for an adult subject [306]. The values
of the mass moment of inertia, Izi,2 were derived directly from the cited study,
while the BMi(%) values were calculated proportionally to the simulated BM. For
the loads induced by the BM in the thoracic (T1-T12) and lumbar (L1-S1) regions,
the BMi(%) were recalculated relative to the simulated BW and the Izi values were
adapted to these BMi(%) in function of the Ri values reported in [304]. Table 4.3
presents all BMi and Izi values used for the calculation of the eﬀective loads at all
lumbar levels.
Figure 4.6: (A) The eccentric path for the gravity load distribution passing through the
segmental COM, (B) VC and COM sites per level.
In order to compute the eﬀective moment of inertia, Iz,eff(Lj), at the uppermost
lumbar level j of a model, i.e. at L3/L4 for a L3-S1 model (j=3 ) , or at L1/L2 for
1i refers to HD and all vertebrae from C1 to L5.
2z is the axial direction
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a L1-S1 model (j=1 ), the Huygens-Steiner theorem was taken into account for all i
upper segments. That is, for a conﬁguration including only the lumbar levels between
L3-S1, the Iz,eff(Lj) considers 14 levels (from T1-T12 and L1-L3), while for a L1-S1
model, the Iz,eff(Lj)) would take into account 12 levels (from T1-T12). As such,
the moment of inertia, Izi,Lj, of each of the aforementioned i spinal segments was
calculated with respect to the vertical axis, COMj, passing through the Lj/Lj+1
COM. For instance, for the L3-S1 model, the Izi,L3 was the product of BMi(kg)
with the square of the perpendicular distance, di, between the axis COM3, and the
vertical axis, COMi, that passes through the COM of level i. The following equation
is given in a generalized form ready to be used for both FE models:
Izi,Lj = BMi · d2i (4.3)
with j=1 for the L1-S1 FE model, j=3 for the L3-S1 model.
All COMi axes were adapted to each model geometry according to the measure-
ments reported in [304]. Importantly, since no relevant di values could be found
in the literature for the head and cervical spine levels, the cervical curvature was
hypothesized to move only slightly from the lumbar lordotic curve in the antero-
posterior direction. That is, it was assumed that the respective di for each cervical
segment i would be lower than the one reported for T1 (0.8 cm). As such, based
on Eq. 4.3, the squared perpendicular distances d2i would be even smaller and so
the contribution of these levels on Izeff(Lj) could be neglected. Overall, for the
L3-S1 FE model, the total moment of inertia was calculated by summing the 14
Izi,L3 contributions (from T1-T12 and L1-L3) with the Iz3 at L3/L4 with respect to
COM3. Similarly, for the L1-S1 FE model, the total moment of inertia Izeff(L1) at
L1/L2 was the sum of 12 Izi,L1 contributions (from T1-T12) plus the local moment
of inertia, Iz1, at L1/L2 with respect to COM1 (Eq. 4.4, j=1 ). The generalized
form of estimating the Izeff(Lj) at the uppermost lumbar level of each model was as
follows:
Izeff(Lj) =
Lj∑
T1
Izi,Lj + Izj (4.4)
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Table 4.3: Sagittal moment of inertia, moment arm, and mass properties used to calculate
gravity loads.
i Body mass (%) Body mass (kg)a Izi,tot(kg · cm2)a
HD 4.7 3.300 160.00
C1 0.6 0.404 0.63
C2 0.7 0.508 1.10
C3 0.5 0.363 0.45
C4 0.5 0.366 0.47
C5 0.5 0.371 0.49
C6 0.6 0.439 0.69
C7 0.7 0.505 1.19
i Body mass (%)b Body mass (kg)b Izi (kg · cm2) Izi,L1/Izi,L3 (kg · cm2)
T1 1.1 0.811 4.98×10−1 2.43 / 4.67
T2 1.1 0.780 0.13×101 2.34 / 4.49
T3 1.4 0.976 0.39×101 2.73 / 4.72
T4 1.3 0.920 0.72×101 2.39 / 3.68
T5 1.3 0.945 1.06×101 2.17 / 2.73
T6 1.3 0.932 1.39×102 2.05 / 1.34
T7 1.4 0.976 1.83×101 2.64 / 0.48
T8 1.5 1.049 2.22×101 3.15 / 0.17
T9 1.6 1.096 2.39×101 3.62 / 0.01
T10 2.0 1.419 2.99×101 5.11 / 0.06
T11 2.1 1.479 2.88×101 5.77 / 0.37
T12 2.5 1.767 2.97×101 7.24 / 0.87
L1 2.4 1.677 2.08×101 - / 0.60
L2 2.4 1.689 1.24×101 - / 0.27
L3 2.3 1.670 0.53×101 - / -
L4 2.6 0.180 2.18×10−1 - / -
L5 2.6 0.182 2.92×10−2 - / -
aValues are derived from [306].
bValues are derived from [304].
Finally, the eﬀective distance Reff(Lj) at which the eﬀective gravity load has to be
applied at Lj/Lj+1 was estimated through the resultant Izi and BMi values in order
to consider those superior levels not included in each model. For the lumbar levels
caudal to Lj, e.g. from L4 to S1 at the lower lumbar model, local boundary loads
were simply calculated by using the BMi and Izi values derived from [304] (Table
4.3). Based on the above calculations, a total gravity load of 276 N was estimated
for the L3-S1 model corresponding to about 40% of the simulated body weight for a
70.8 kg subject. Estimated magnitudes and distribution is summarized per lumbar
level in the following table.
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Table 4.4: Total gravity load distribution per level for a 70.8 kg subject.
L3/L4 L4/L5 L5/S1
Load (N) 239.8 18.1 18.1
Ri (mm) 41.4 11.0 4.0
Simulations of all three postures were performed with the FE commercial soft-
ware ABAQUS (Simulia, Providence, RI, USA) under large displacements and large
strains using a coupled ﬂuid-solid FE approach. Results were analyzed at maximum
loading (e.g. at fully ﬂexed posture in ﬂexion) in terms of pore pressure (center of
the NP), axial stress (AF and NP), muscle forces and strains (fascicle elements).
4.3 Results
4.3.1 Flexion
4.3.1.1 Muscles stresses and strains
In 10° ﬂexion, the analysis showed activation of all fascicles and large strains over
±5% for almost half of the fascicles involved in the model. As reported in Table 4.5,
at fully ﬂexed posture the local fascicles, i.e. MF, ILpL, LTpL, were eccentrically
contracted (stretched) and traction total stresses were exerted with values up to
3.09 MPa for the L5 MF. For the PS and thoracic elements the model predicted
concentric contraction (shortening) and compression total stresses up to 0.015 and
0.27 MPa, respectively.
As shown in Fig. 4.7, at the beginning of the simulation, the most rostral fascicles
developed traction tensile stresses while being shortened and contributed, as such,
to the forward ﬂexion of the trunk. The stress proﬁle of these fascicles showed the
dominating role of the active constitutive term predicted for strains below -2% that
led to an increase of the total stress developed in the rest of the simulation.
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Figure 4.7: Stress-strain curve of the L3/L4 fascicles of PS in ﬂexion.
Table 4.5: Muscle strain and total muscle stress results per fascicle and per level in
ﬂexion.
Muscle Fascicle Strain (%) Stress (MPa)
L3 2.6 0.13
S3,1 4.4 0.23
S3,2 5.6 0.30
MF L4 6.8 0.39
S4,1 7.7 0.46
S4,2 5.9 0.33
L5 19.2 3.09
S5,1 7.5 0.45
ILpL L3 3.0 0.15
L4 5.0 0.25
L3 3.3 0.16
LTpL L4 4.0 0.20
L5 9.2 0.57
L3 - 8.2 - 0.27
LTpTh L4,1 - 6.2 - 0.19
L4,2 - 6.5 - 0.20
L5 - 4.4 - 0.14
TP3 - 2.1 - 0.015
L3L4 - 3.3 - 0.009
PS TP4 - 1.3 - 0.012
L4L5 - 1.9 - 0.015
TP5 - 0.4 - 0.003
VB5 - 0.7 - 0.006
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Figure 4.8: Total resultant stress per level in the L3-S1 FE model in ﬂexion.
Calculation of the stress resultants for the local muscles showed that the model
predicted increased activation towards the caudal levels, while the global muscles
exerted higher stresses at L4/L5 (Table 4.6).
Table 4.6: Muscle resultant stresses per level in the L3-S1 FE model in ﬂexion.
Muscle L3/L4 L4/L5 L5/S1
MF 0.66 1.18 3.66
ILpL 0.14 0.25 -
LTpL 0.16 0.20 0.57∑
σlocal 0.97 1.62 4.23
LTpTh -0.27 -0.40 -0.14
PS -0.02 -0.02 -0.02∑
σglobal -0.28 -0.42 -0.16
A tendency to increase muscle loads was also reﬂected by the inter-level distribution
of the resultant stresses; the L5/S1 level was subjected to around 4 MPa which was
about six times higher than the total stress exerted at L3/L4 (Fig. 4.8).
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4.3.1.2 Internal loads
For the estimation of the internal loads applied on the discs, the IDP was calculated
at fully ﬂexed posture with and without muscles. A region in the center of the
NP was selected as shown in Fig. 4.9 and mean±SD values were calculated in the
studied volumes per disc.
11.22mm3
(a) L3/L4
11.30
3
(b) L4/L5
8.39
3
(c) L5/S1
Figure 4.9: Selected region (red) of four hexahedral elements in the center of NP for the
calculation of mean±SD IDP values. Region volumes per disc are given in the legends
(Undeformed state).
Results were correlated to experimental values retrieved from the literature and are
presented in Fig. 4.10 and Table 4.7. With muscle presence (MS), mean IDP predic-
tion was found to decrease from 1.15 MPa at L3/L4 to 0.8 MPa at the lumbosacral
level. Absence of MS resulted in considerably lower IDP values with small variations
along the lumbar levels; highest mean IDP without muscles was calculated at L4/L5
equal to 0.22 MPa.
Stress proﬁlometry analysis per disc showed that with MS, the calculated proﬁles
diﬀered moderately between the L3/L4 and L4/L5 levels (Fig. 4.11). At L5/S1, a
peak compressive stress around 3 MPa was predicted in the posterior AF, whereas
without MS a smoother proﬁle with a peak around 0.8 MPa was calculated (Fig.
4.12C). Comparative results shown in Fig. 4.12 present the eﬀect of MS on the axial
stresses at all three levels.
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Figure 4.10: Eﬀect of MS on the IDP predictions per level using the L3-S1 FE model
in ﬂexion.
Table 4.7: Intradiscal pressure (MPa) values in the center of NP for the L3-S1
FE model in ﬂexion.
L3/L4 L4/L5 L5/S1
FE modela
Flexion (MS) 1.15±0.07 0.99±0.09 0.80±0.18
Flexion (MS) 0.19±0.03 0.22±0.02 0.17±0.03
In vivo studies
Schultz et al. [203] 1.04b - -
Sato et al. [198] - 1.32±0.22a -
Wilke et al. [195] - 1.08b -
aMean±SD value.
b[203]: Mean value measured in 30° sagittal ﬂexion; [195]: Measured in 36° sagittal ﬂexion.
4.3.1.3 Reaction moment
The eﬀect of MS was also quantiﬁed in terms of reaction moment. Under 10° ﬂexion,
simulation of muscles in the model predicted a 4.52 Nm moment at the node where
the rotation was applied. Without MS, the respective calculated value was raised
to 45.2 Nm for the same rotation.
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Figure 4.11: IVD stress proﬁlometry in the L3-S1 FE model in ﬂexion.
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Figure 4.12: Eﬀect of MS on the IVD stress proﬁlometry in the L3-S1 FE model in
ﬂexion.
4.3.2 Standing
4.3.2.1 Muscles forces and strains
In standing position without previously simulated rest (PR), muscle force calcula-
tions revealed activation of all muscles particularly of the local groups (Fig. 4.13).
Among the global fascicles, the lowest contribution was predicted for the thoracic
components of LT (Fig. 4.13 right). At the upper levels, i.e. L3/L4 and L4/L5,
the MF and ILpL fascicles transferred compression forces equal to 3.5 and 6.5 N,
respectively, to the vertebrae and IVD over which they span (Fig. 4.13 left).
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Figure 4.13: Eﬀect of PR on total force distribution per level and fascicle in the L3-S1
FE model in standing.
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Figure 4.14: Eﬀect of PR on the muscle activation per level and fascicle in the L3-S1
FE model in standing.
Among the local back muscles, the highest active forces were predicted for the L5
MF fascicles accounting for more than 1.5 N (Fig. 4.14) over a total force of about
6 N developed at this level without PR (Fig. 4.13). In the case of PS, the total
compression forces developed were up to 0.8 N with important contribution of active
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forces at all levels (Fig. 4.14). Fig. 4.15 includes the relative contribution of passive
and active forces to the total force predicted without PR for the fascicles with highest
activation.
C
on
tr
ib
ut
io
n
to
to
ta
lf
or
ce
(%
)
MF
L5
MF
S5
PS
VB
5
PS
L5
PS
L4
L5 PS
L4
PS
L3
L4
PS
L3
LT
PL
5
0
10
20
30
40
50
60
70
80
90
100
110
120
ActivePassive
Figure 4.15: Relative constitutive term contribution to the total force predicted in
standing without PR.
When PR was considered, increased muscle function was predicted for the caudal
dorsal fascicles with positive total forces of up to about 7 N (Fig. 4.13). For MF,
the model calculated active forces over 2 N at the lowermost level. For the global
fascicles, the fascicles of PS were less activated at all levels (Fig. 4.14) and developed
compression forces that did not exceed 0.13 N at L5/S1 level. The contribution of
LTpTh was minor.
Studying the total force distribution per level revealed that when standing followed
previous disc swelling, total muscle forces increased linearly from L3/L4 to L5/S1
(Fig. 4.16). The maximum resultant force was around 12 N at the L5/S1 level, i.e.
nearly 67% larger compared to the total force predicted at L4/L5. Without PR, load
concentration was calculated at L3/L4 (-18 N) followed by a nearly 10 N resultant
force at the lumbosacral level (Fig. 4.16). Fascicle strain calculations in simulated
standing showed that with PR, most of the dorsal fascicles were stretched, whereas
without PR shortening was predicted for most of these fascicles as shown in Fig.
4.17.
99
FE SIMULATION OF THE HEALTHY AND DEGENERATED LS
R
es
ul
ta
nt
m
us
cl
e
fo
rc
e
(N
)
Prev. swelling W/o prev. swelling
0
2
4
6
8
10
12
14
16
18
20
L3/L4
L4/L5
L5/S1
Figure 4.16: Eﬀect of PR on total force distribution per level in the L3-S1 FE model in
standing.
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Figure 4.17: Eﬀect of PR on dorsal fascicle strains in the L3-S1 FE model in standing.
Indeed, during the disc swelling simulated for the 8 hours of rest, active forces were
developed by the dorsal muscles while the latter were stretched. As presented in
Figure 4.18, the highest activation was calculated for the L3 and L4 MF fascicles.
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Figure 4.18: Dorsal muscle activation during 8 hours of simulated rest.
4.3.2.2 Intradiscal pressure
For the estimation of the internal loads applied on the discs, the IDP was calculated
at the end of simulated standing (Fig. 4.19) and lying (Fig. 4.20) posture ana-
lyzing the eﬀect of previous disc swelling and muscle contribution on the predicted
pressures. The same region in the center of the NP was selected as was depicted in
Fig. 4.9 and mean±SD values were calculated per disc. Because the variation found
among the IDP values in the region of interest was very low, i.e. SD was never over
0.01 (Table 4.8), only mean values are included in the ﬁgures. As presented in Fig.
4.19, the IDP in standing with PR was 0.22 MPa at L3/L4 and L4/L5, while it was
0.28 MPa in the lumbosacral disc. Simulation of 8 hours of rest increased the pres-
sure in standing by 34-43% along the lumbar levels. The prediction was 0.31 MPa
at L3/L4 where the in vivo measurement of Schultz et al. [203] gave 0.27 MPa, and
where the values measured by Andersson et al. [202] ranged between 0.26 and 0.42
MPa with a mean value equal to 0.34. At L4/L5, the IDP calculated was 0.32 MPa
and was close to the mean IDP reported by [307] (0.35 MPa). Also, the prediction
laid within the range of values measured in vivo by Sato et al. [198] (0.22-0.75 MPa)
but seemed to be slightly underestimated statistically (Table 4.8). Interestingly, cal-
culations without MS showed that inclusion of the latter contributed to decrease the
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IDP in standing position by up to 9% when previous lying was not simulated.
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Figure 4.19: IDP predictions per level using the L3-S1 FE model in standing position.
Figure 4.20 shows that after 8 hours of swelling (lying) and no external loads, the
overall pressure increased by 0.14 MPa at all levels. At a healthy L4/L5, Wilke et
al. [195] recorded the IDP continuously over a 7-hour rest and report a pressure
increase from 0.10 to 0.24 MPa, i.e. of 0.14 MPa.
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Figure 4.20: IDP predictions per level using the L3-S1 FE model after 8-h rest.
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Table 4.8: Intradiscal pressure (MPa) values in the center of NP for the L3-S1 FE model
in standing and lying position. (PR=Prev.swelling; MS=Muscle presence)
L3/L4 L4/L5 L5/S1
FE modela
Standing (PR, MS) 0.31±0.01 0.32 0.38
Standing (PR, MS) 0.24±0.01 0.24 0.31±0.01
Standing (PR, MS) 0.22±0.01 0.22 0.28
Lying (8 hours rest, MS) 0.14±0.01 0.14 0.14
In vivo - Standing
Schultz et al. [203] 0.27b - -
Andersson et al. [202] 0.34±0.08a - -
Wilke et al. [195] - 0.50 -
Takahashi et al. [307] - 0.35b -
Sato et al. [198] - 0.54±0.18a -
In vivo - Lying (rest)
Wilke et al. [195] (7 hours rest) - 0.14 -
aMean ± SD.
bMean value.
4.4 Discussion
In the present chapter, a novel constitutive law was applied to lumbar muscle models
in an attempt to improve our understanding of (a) back muscle dynamics, (b) the
eﬀect of mechanical stretch on fascicle activation, and (c) the possible interaction
between muscle function and IVD multiphysics. Although the components of the
Hill-type muscle model have been already used in previous formulations ([258], [254]),
the current assembly was applied for the ﬁrst time to the back muscles. The model
was computationally eﬃcient, which allowed its successful integration into a MSL
FE model of the lower LS.
Validation of the constitutive muscle model is challenging mostly due to the scarcity
of direct reported data (e.g. fascicle forces, segment displacements/rotations) or
indirect force estimations through for example, myoelectrical activity, since their
reliability for model evaluation is questionable. On the contrary, the geometry of the
bi-segment osteoligamentous model used for the development of the L3-S1 FE MSL
model was previously validated by [299]. The adopted poroelastic IVD model was
also validated before by [308] against in vitro data [309]. The ligament formulation
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used has shown as well its capacity to lead to the validation of diﬀerent LS FE models
([299], [281]). As discussed further below, the coupling of the lumbar musculature
model with geometrically and mechanically valid osteoligamentous components of
the LS allowed valuable assessments of the predicted muscle action in all simulated
postures.
4.4.1 Flexion
Simulation of unsupported forward ﬂexion showed that the stretching induced by
the applied external rotation resulted in activation of all muscles involved in the
L3-S1 FE model. In fully ﬂexed posture, the calculated stretching for the dorsal fas-
cicles ﬂuctuated between 2.4 and 19.2%, while for the global fascicles the shortening
range was between -0.7 and 8.2%. Despite a thorough literature review, no previous
experimental measurements could be found to contrast the strain results per fascicle
or per lumbar level. Nevertheless, the predicted ranges were considered reasonable
since they did not exceed the strain thresholds (-20% and 30%) reported to increase
the risk of cytoskeletal damage ([289], [290], [291]).
Fascicle stress distribution showed that, on one hand, the dorsal fascicles fully re-
sisted the motion by exerting traction total stresses while being stretched all along
the ﬂexion. On the other hand, the PS fascicles that were constantly shortened were
found to help the forward trunk ﬂexion by developing tensile loads (Fig. 4.7) at the
beginning of the simulation the PS; total stresses up to 0.002 MPa ≈ 0.36 N were
calculated per fascicle in the ﬁrst 30-40% part of the simulation. Nonetheless, such
behavior changed in the rest of the simulation until the fully ﬂexed position (10°
ﬂexion). Although its fascicles were constantly shortened, the PS was developing
compressive loads towards the spine showing a resistance to the motion.
Among the dorsal muscles, analysis of the resultant stresses showed that the MF
had the highest participation with linearly increasing loads up to almost 3.7 MPa
at L5/S1 (Table 4.6). Similar tendency was found for the sum of all dorsal stresses
with the lumbosacral level being subjected to four times higher loads than the L3/L4
level. As reported in Table 4.6, the model predicted that the MF and the lumbar ES
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play a dominant role in the load distribution per level during light forward ﬂexion,
while the contribution of the global muscles is low. Indeed, for the LTpTh, bilateral
contraction was captured with a signiﬁcant activation at L4/L5 level (Table 4.6). As
discussed previously (2.2.5.3.1), such action could accentuate the lumbar lordosis, an
eﬀect that was slightly seen on the deformed spine shape. Nevertheless, the modeling
hypothesis of a common thoracic insertion that resulted in longer fascicle lengths
(e.g. L4 components) than the ones according to dissection studies was suggested
to aﬀect the load magnitudes calculated. As such, a rather qualitative evaluation of
the LTpTh role is more adequate for the current model conﬁguration.
In terms of IDP, a region of interest with volume between 8.4-11.3 mm3 was selected
in the NP per disc (Fig. 4.9) in order to perform IDP calculations in a comparable
area to the one covered by 1.2 [198] and 1.5-mm-diameter [195] needles used in
previous in vivo studies. The model calculated a notable decrease at the NP per
level in the 10° ﬂexed position when muscles were not included in the model (Fig.
4.10). For instance, at L3/L4, the mean IDP results were up to six times higher with
MS (1.15 MPa) compared to those without MS (0.19 MPa). Such outcome revealed
the key role of muscle action on disc loading in activities involving ﬂexion of the LS.
In the center of the L3/L4 IVD, the SD calculated ranged the pressures between 1.08
and 1.22 MPa, whereas at L4/L5 the predictions were lower, from 0.89 to 1.08 MPa.
Previous in vivo measurements in healthy subjects reported IDP equal to 1.04 MPa
(L3/L4 [203]) and 1.08 MPa (L4/L5 [195]) for a 30 and 36° forward ﬂexion of the
whole LS, respectively (Fig. 4.10). Based on the range of motion reported by [245],
the L1/L2 and L2/L3 levels could reach on average a total of 26° motion in ﬂexion
and thus, the experimentally measured ﬂexions would correspond to approximately
10° ﬂexion at L3/L4. Sato and colleagues [198] also registered a wide range of L4/L5
IDP values measured in vivo in forward trunk ﬂexion (1.32±0.22 MPa). Even though
the boundary conditions simulated in the present FE model did not account for the
BW load, and despite the geometrical limitations, correlations with the cited in vivo
studies suggested that the model achieved to capture realistic IDP values.
When muscle action was not simulated, an important eﬀect quantiﬁed as a tenfold
rise of the reaction moment was calculated at the uppermost level of the model.
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Interestingly, though, only minimal diﬀerences were found along the lumbar levels
between the predicted loads either in the center (Fig. 4.11) or the mid-sagittal path
of the discs (Fig. 4.12). When muscle function was included in the model, part of
the posterior L5/S1 NP was under compression, unlike the other two discs. The
peak stresses calculated both at the anterior and posterior region of the L5/S1 AF
(Fig. 4.11) may be attributed to geometrical artifacts since the disc geometry was
a result of an adaptation between the pre-existing L5 VB [299] and a sacrum model
available in the laboratory and has not been validated yet.
4.4.2 Standing
In standing posture simulation, active forces counteracted the anterior BW eﬀect
and pulled back the spine segment, resulting in the shortening of the majority of
the fascicles (Fig. 4.17). When PR was considered, active force predictions revealed
that global muscle activity was reduced by up to 68%, while local muscle activity
was increased by up to 85% (Fig. 4.14), increasing thus the eﬀective pull back
forces. In particular, during night rest, the model predicted that the slight axial
spine distraction induced by the swelling of the IVD stretched all the fascicles (Fig.
4.17). This stretch led to heterogeneous fascicle activation through the diﬀerent
lumbar levels (Fig. 4.18); up to 73%, 48%, and 24% higher activation was calculated
at L3/L4 than at L5/S1 for MF, PS and lumbar LT, respectively. Such increased
activation at L3/L4 was explained as a result of the cumulative eﬀect of IVD swelling
from L5/S1 to L3/L4. According to this higher pre-activation at L3/L4 and L4/L5,
once standing was simulated, the total loads transferred to the L3/L4 level decreased
drastically compared to standing without PR (Fig. 4.16). Remarkably, eventual
fascicle strain was positive in standing with PR, even though the absolute stretch
values were lower compared to the standing case alone (Fig. 4.17). Such outcomes
suggest that swelling involved in previous rest may limit muscle strain when standing
position follows but it also improves the capacity of the fascicles to mechanically
stabilize the spine.
Given the lack of direct muscle force measurements in the literature, comparisons of
the predicted force distribution with reported KD model estimations allowed for a
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primary qualitative assessment of the muscle model. In [239], the force estimations
in upright posture for the dorsal muscles using the KD model showed an increasing
tendency from L3/L4 to L5/S1 level: 7-24 N (MF), 5-13 N (ILpL), 2-14 N (LTpL)
(Table 1 in the cited study). The force variation calculated by the presented L3-
S1 FE model per muscle in standing position with PR showed a similar increasing
pattern from L3/L4 to L5/S1 level: 2.1-4.6 N (MF), 0.5-1.2 N (ILpL), 0.4-2 N
(LTpL) (Fig. 4.13). Even though for some L3/L4 fascicles the FE-driven results
agreed in order of magnitude with the KD estimations in [239], they were generally
underestimated compared to the KD results. Nevertheless, the authors in the cited
study simulated upright position via a distributed gravity load equal to 378 N (i.e.
37% higher than the one in the FE model) combined with a 180 N anterior load that
was not present in the current FE model. As such, a quantitative comparison could
not be performed in order to assess the present methodology.
Indeed, literature review showed that previous studies reported the application of a
single vertical load placed anteriorly at a point that represented the center of gravity
at L1/L2 ([219], [223]), or at the diﬀerent lumbar levels [221] to mimic the BW. In
the present L3-S1 FE model, the gravity load was distributed over the model and
the resultant of 276 N obtained at L5/S1 stood for about 40% of the total BM for
a 70.8 kg subject. Regarding the magnitude, such estimation was close to the 260
N load reported in [223] for a 56 kg subject (i.e. approximately 46% of the total
BM), applied as a single vertical load at T12/L1 in an eﬀective distance Ri of 30
mm. From a qualitative viewpoint, this value correlated well with the calculated Ri
distance equal to 41.4 mm used at the L3/L4 level of the present FE model. Good
agreement was found also with the study of Shirazi-Adl et al. [222], where a 245 N
gravity force was estimated and distributed eccentrically per level as follows: 205.6
N (applied between L1/L2 - L3/L4), 19.3 N (L4/L5) and 20.1 N (L5/S1 level).
An alternative way of evaluating the model's robustness was through the calculations
of internal loads, i.e. disc pressure, for which comparisons with experimental data
was more straight-forward (Fig. 4.19). After eight hours of simulated rest, the IDP
increased at all diﬀerent levels by about 0.14 MPa (Table 4.8), falling in the in vivo
range measured at a healthy L4/L5 disc after seven hours of rest [60]. When standing
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position followed the rest, increased IDP values were predicted in comparison to
simple standing simulation (Fig. 4.19, white and black circles). Importantly, these
values were able to reproduce previous in vivo data, reﬂecting as such the ability
of the disc model to capture the osmotically-induced disc turgor. In particular, at
L3/L4, the IDP prediction (0.31 MPa) correlated well with the pressure measured in
vivo by Schultz et al. [203] (0.27 MPa) for a healthy person with a slightly lower BW
(63 kg). The predicted IDP laid also close to the mean value reported by Andersson
et al. [202] (0.34 MPa) when measuring healthy subjects with BW ranging from 53
to 77 kg (Table 4.8). At L4/L5, the IDP result (0.32 MPa) agreed well with the
mean value measured by [307] in healthy subjects with similar weight (0.35 MPa,
72.3 kg average BW). Moreover, the predicted IDP was among the measurements
reported by Sato et al. [198] for eight healthy volunteers with BW ranging from 60
to 96 kg, whereas compared to the single measurement of Wilke et al. [195] (0.5
MPa), it was relatively underestimated.
Regarding the possible functional relations between IVD and back muscles, the
conclusions shared by previous experimental and numerical studies have been con-
troversial. For instance, in the in vitro tests reported by [310], back muscle action
was simulated via loading external cables ﬁxed to the LS and the IDP was measured
in diﬀerent positions. The results showed a substantial pressure increase by more
than 200% in neutral position (i.e. no external loads), and 130% in ﬂexion when
muscle forces were considered. The L3-S1 FE model presented here predicted as well
a signiﬁcant increase of the IDP up to about 500% in ﬂexed position with MS (Table
4.7). Similar to [310], Goel et al. [311] applied nodal forces to simulate the back
muscles but used a L3/L4 osteoligamentous FE model instead. Unlike in the former
study though, the authors calculated a loss in the IDP by about 18% in ﬂexion. In
simple standing, the current L3-S1 FE model predicted a decrease of approximately
8-10% in the IDP as reported in Table 4.8. A possible explanation could be that
because of the action of the anterior BW, muscle fascicles imparted both anterior
and posterior mechanical support to the osteoligamentous spine and therefore the
pressure in the discs decreased. The IDP increase at the end of simulated night rest
(0.14 MPa at all levels) reﬂected the increased load-bearing role of water within the
disc captured by the model that also agreed perfectly with the in vivo IDP range
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(0.10-0.24 MPa) in [60]. Indeed, given the simulated eﬀect of PR on the inter-level
load distributions when standing followed (Fig. 4.16), combination of disc swelling
and muscle activation might give a further insight on the eﬀect of muscle function
on IDP in standing position. Although muscle tone could be suggested as a factor of
the muscle tension calculated during rest for the dorsal muscles that were passively
stretched (up to 1.6% for MF) [312], the limited ability of the proposed approach to
capture intrinsic tensions does not allow any relevant discussion.
The outcomes of this study contribute to the ﬁrst educated exploration of a possible
interaction between disc swelling and muscle function. However, the FE model used
has its limitations. From a geometrical viewpoint, extension of the model's con-
ﬁguration to include the upper lumbar VB, i.e. L1/L2 and L2/L3, and all related
soft tissues (ligaments, muscles, discs) is remarked as necessary. Such improve-
ment would alter the gravity load distribution and muscle activation allowing hence
for more realistic load predictions. Certainly, an extended model able to capture
larger kinematical changes should conﬁrm whether, for instance, a wider network of
pre-strained muscles is more eﬃcient in restricting forward trunk rotation in upright
standing. Another limitation to be addressed is the modeling of the thoracic fascicles
by considering a more pragmatic representation of the fascicle attachments between
T1-T12. For example, for the L3-S1 MSL assembly presented in this chapter, it
was assumed that the axial alignment of L3 VB and the third rib (common rostral
insertion) should be preserved. Yet, such approximation would be more correct if
L1 was taken as a reference instead of the L3. Even more important, the simpliﬁ-
cation of a common rostral insertion aﬀected the lengths of the L4 and L5 thoracic
fascicles compared to the MT lengths reported for each fascicle in [27]. Therefore,
some overestimation of the predicted LTpTh forces might be expected, although the
predominant role of the dorsal and PS fascicles suggests that this limitation might
not aﬀect the current model interpretations.
Still, from a biomechanical point of view, one of the main objectives remains the
exploration of muscle and internal loads in symptomatic population. Therefore, a
next step should also involve the development of P-SP LS FE models using personal-
ized geometries and material properties. Previous studies have quantiﬁed how tissue
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condition alters the disc multiphysics and ligament behavior and sets of degenerated
material parameters have been proposed accordingly [281]. Concerning the mus-
cle parameters, however, no speciﬁc data for the back muscles could be retrieved
from the existing literature. Alternatively, the optimized set of values presented in
Chapter 3 can be used given its personalized nature.
To sum up, the highlights of the results obtained in the simulations presented in this
chapter are:
 The constitutive muscle model proposed was successfully coupled with a L3-S1
FE MSL model and achieved to capture muscle activation in forward ﬂexion.
 A new scheme for the deﬁnition of gravity loads in simulated standing and its
distribution along an anteriorly placed eccentric path was developed using the
body volumes and densities per spine level.
 The internal load distributions predicted in both ﬂexion and standing positions
were able to reproduce previous in vivo IDP measurements.
 Overnight disc swelling led to muscle activation and load distributions that
seemed appropriate to balance the anterior body mass eﬀect when standing
followed.
 The likely existence of functional interactions between the IVD multiphysics
and stretch-induced muscle activity was suggested.
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Chapter 5
Development of generic and
patient-speciﬁc L1-S1 FE
musculoskeletal models
5.1 Introduction
In this chapter, the methodology proposed in Chapter 3 will be applied on two L1-
S1 FE models developed using generic and P-SP osteoligamentous geometries. The
muscular network detailed in Chapter 4 will be extended to incorporate all fascicles
of the modeled muscles arising between the L1 and L5 and will be coupled to both
geometries. As such, the ﬁnal FE MSL assemblies will represent the full LS region,
both healthy (generic) and degenerated (P-SP). The same spine postures will be
simulated: standing and lying position (night rest). The P-SP model will address
some of the restrictions of Dao's et al. model [28] through the personalization of the
muscle constitutive parameters and the quantiﬁcation of active forces. Moreover,
for the ﬁrst time in a patient LS MSL model, the poro-mechanical response of
the IVD will be taken into account via condition-dependent material properties
[281]. For both generic and P-SP conﬁgurations and both postures, the analyses
will include prediction of muscle strains and spinal loads, i.e. muscle and joint
forces, and assessment of the interactions between the IVD multiphysics and muscle
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contraction as studied for the L3-S1 FE model (Chapter 4). The inﬂuence of the
relation between disc height reduction and degeneration that has been previously
questioned [313] will be also explored through comparisons of the predicted load
distributions and muscle activation along the lumbar levels between the models.
5.2 Methods
A generic L1-S1 osteoligamentous model was developed as an extension of the previ-
ously presented L3-S1 geometry (Chapter 4). The methodology used to obtain L1,
L2 was similar to that reported in [299], while the intervertebral spaces, i.e. disc
heights, were validated against MRI data from previous studies ([314], [315]) (Fig.
5.1). For the P-SP conﬁguration, a morphed L1-S1 FE model with subject-speciﬁc
osteoligamentous geometries developed in the framework of the EU-funded project
My SPINE was provided [281]. For the incorporation of muscles in both FE models,
the L3-S1 muscle architecture presented in Fig. 4.1 was extended to include the
relevant muscle fascicles arising from L1-L2.
Disc height (mm)
0 2 4 6 8 10 12
Anterior
Mid
Posterior
Anterior
Mid
Posterior FE Model
Hong et al. (2010)
Roberts et al. (1997)L1/L2
L2/L3
Figure 5.1: L1/L2 and L2/L3 IVD height validation against MRI data reported in the
literature ([314], [315]).
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5.2.1 Extension of the muscle network
For all fascicle representation, unidirectional elements with straight lines of actions
were used as in Chapter 4 deriving the 3D orientations and equivalent PCSA from
the literature ([183],[128],[27]). For the MF, 17 fascicle pairs were modeled in total
between L1-S1 using the information reported in ([162],[37]). For the LTpL and
ILpL, ﬁve and four fascicle pairs were simulated, respectively, following the modeling
approach proposed in [183] as detailed in 4.2.1. For the extended LTpTh network,
a more realistic representation was used compared to the L3-S1 FE model; diﬀerent
MT rest lengths and sagittal orientations were simulated per fascicle based on [27]
(Table 5.1). In total, 18 fascicle pairs were modeled with rostral attachments between
T1-T10 levels of the thorax each of these attachments simulated as an enlarged
transverse process that was modeled as rigid rod (Fig. 5.2). Among them, only ten
fascicle pairs had at least one attachment on the lumbar levels. As for the PS, 11
overlapping segmental fascicles were incorporated in total on each side based on the
approximations discussed in 4.2.1.
All in all, the L1-S1 muscle network consisted of 94 fascicles, i.e. 47 fascicle pairs,
21 global and 26 local sets that represented the MF, LTpL, ILpL, LTpTh and PS
as reported in Table 5.1. The muscles were then coupled to both L1-S1 FE oste-
oligamentous assemblies. In the generic model (Fig. 5.2A), the muscle network was
sagitally symmetric like in the previous lower LS model. In the case of the P-SP
model, however, attachment points had to be geometrically adjusted and orientated
accordingly to match the morphed FE mesh of the patient model as shown in Fig.
5.2B.
5.2.2 Material parameters
5.2.2.1 Generic model
Similar to the L3-S1 FE model, all tissues in the generic L1-S1 model were simulated
as healthy to represent an asymptomatic subject. In particular, for the IVD, the
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Table 5.1: Geometrical muscle modeling parameters per fascicle between
L1 and S1.
Muscle Fascicle PCSA (mm2) LCE0 (mm)
L1 19 34.94
S1,1 40 72.82
S1,2 42 149.11
S1,3 36 140.96
S1,4 60 104.95
L2 22 34.20
S2,1 39 76.13
S2,2 39 109.06
MF S2,3 99 128.19
L3 23 41.32
S3,1 52 76.22
S3,2 52 136.14
L4 17 41.46
S4,1 47 68.70
S4,2 47 111.37
L5 36 169.99
S5,1 23 69.83
L1 108 166.06
L2 154 129.41
ILpL L3 182 86.91
L4 189 50.31
L1 79 193.23
L2 91 151.05
LTpL L3 103 106.60
L4 110 66.86
L5 116 26.67
L1 29 165.45/121.25
L2 57 195.71/101.76
LTpTha L3 56 63.01/173.40/81.93
L4,1 45 92.98/129.11/108.49
L4,2 44 61.36/134.26/68.57/55.27
L5 64 91.72/129.27/47.17/60.67
TP1 61 312.51
VB1 211 319.34
L1L2 211 292.74
TP2 101 282.70
PS L2L3 161 260.98
TP3 173 252.42
L3L4 191 233.06
TP4 120 224.57
L4L5 119 205.58
TP5 36 195.21
VB5 79 184.54
aThe multiple LCE0 values per level correspond to the short fascicles attached between
the lumbar and thoracic levels. For instance, LTpTh3 consists of one fascicle with insertions
into L3 and L1 TP, and another two between L1, T7 and T7, T3 levels. Fascicles with at
least one lumbar attachment are underlined.
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Α Β
ILpL, LTpL
PS
MF
Ligaments
LTpTh
Figure 5.2: (A) Generic L1-S1 FE model (posterior view), (B) P-SP L1-S1 FE model
(left sagittal view).
poromechanical properties used per region are the ones reported in Table 4.2. Non-
linear elastic tensile behavior was modeled for all seven groups of ligaments based
on the study of Noailly et al. [228] as described before (4.2.2.1). Between L3-S1,
the material parameter values were derived from [82] and [228]. For the L1-L2
ligaments, values came from an optimization strategy proposed in the literature
[281] aiming for a more realistic modeling of the curve stiﬀness proposed by [228].
All parameters used are summarized in Table 5.2. For the VB, isotropic elastic
properties were assigned as described in 4.2.2.2. For the muscles, the individualized
sets of parameter values calculated in 3.4.2 were used for MF, LTpL and ILpL (Table
3.4). Material parameter values for the PS and LTpTh were deﬁned based on Table
3.1 and 3.3.
5.2.2.2 Patient-speciﬁc model
According to the anthropometric data provided by the EU-funded projectMy SPINE,
the patient geometry belongs to a 64 y/o female subject of 64 kg diagnosed with
115
FE SIMULATION OF THE HEALTHY AND DEGENERATED LS
Table 5.2: Summary of the material parameter values used per ligament.
Ligament A B (MPa) C (MPa)
ALLa,b 3.18 7.28 x 102 25.70
PLLa,b 1.68 0.68 x 102 26.60
LFa,c 5.64 3.10 x 105 47.30
ISa,b 4.07 4.66 x 102 6.53
SSa,b 15.76 8.70 x 109 7.70
ITL L1L2 3.77 34.70 x 10−2 424.98
ITL L2L3 3.77 66.00 x 10−2 424.98
ITL L3L4 3.77 69.20 x 10−2 424.98
ITL L4L5 3.77 61.70 x 10−2 424.98
CL L1L2 13.59 40.40 x 10−2 92.57
CL L2L3 13.59 22.90 x 10−2 92.57
CL L3L4 13.59 17.00 x 10−2 92.57
CL L4L5 13.59 15.30 x 10−2 92.57
dS = k(E)dE, where E is the dependent unidirectional longitudinal
stiﬀness in the ﬁber direction, and k(E) the Green-Lagrange strainc:
k(E) =

0 if E≤ 0,
ABEA−1 if 0<E≤ Et,
C if 0<E≤ Et
aSame set of parameter values were used for all lumbar levels.
bBased on [82].
cBased on [228].
disc herniation. The IVDs were graded by an experienced radiologist in terms of de-
generation Pﬁrrmann score [316] as follows: L1/L2, L2/L3, L3/L4 (grade 3), L4/L5
(grade 4), L5/S1 (grade 2). A set of grade-dependent material properties (G, K, ∆pi)
was derived from the literature [281] for each disc sub-tissue as reported in Table
5.3.
Table 5.3: Set of grade-dependent material properties per IVD sub-region deﬁned in
[281].
G (MPa)a K (MPa)a ∆pi (MPa)b Disc level
Grade 2 0.069 0.487 0.24 L5/S1
Grade 3 0.333 0.548 0.08 L1/L2, L2/L3, L3/L4
Grade 4 0.425 1.543 0.09 L4/L5
aSame values were used for AF, NP and CEP.
bThe osmotic pressure ∆pi was applied in the NP.
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For the ligaments, the material properties used were the ones presented in Table
5.2. For the dorsal muscles, the individualized sets of parameter values reported in
Table 3.4 were assigned. Indeed, the subject modeled in the current P-SP FE mesh
was the same used in [28] to perform the KD force estimations that were considered
in the optimization study in 3.4.2.
5.2.3 Boundary conditions and simulated postures
5.2.3.1 Boundary conditions
The models were restricted using boundary conditions similar to those used with the
L3-S1 FE model studied in Chapter 4. Displacements of the sacral attachment points
of dorsal muscles were constrained in all directions (Ui = 0, i = x, y, z direction).
For the LTpTh, all rigid rods representing the thoracic ribs were constrained in the
sagittal plane for the simulation of standing position (Uy = 0). The lower endplate
of the L5/S1 IVD as well as the upper facets of S1 that were included in the model
were ﬁxed in all directions for all simulations. A condition of free ﬂuid ﬂow was
simulated at the external disc boundaries by considering nil external pore pressure
(P = 0).
5.2.3.2 Simulated postures
 Lying
Similar strategy was used as in the L3-S1 FE model: a free IVD swelling condition
due to an initial gradient of osmotic pressure ∆pi between the NP and the IVD
boundaries was considered at all levels according to [303]. Such swelling was applied
in the NP and was simulated for a period of 8 hours aiming to mimic a typical
overnight rest (see Fig. 4.5). For the generic model, a ∆pi equivalent to 0.15 MPa
was deﬁned at all ﬁve IVDs. For the P-SP model, grade-dependent values were
chosen per disc based on [281] (Table 5.3).
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 Standing
The methodology presented in 4.2.3.2 was used to calculate the gravity load dis-
tribution along the lumbar levels for both L1-S1 meshes. In order to compare the
eﬀects of geometry and tissue condition on each model, a common BW was consid-
ered based on the patient's data (64 kg). Accordingly, the eﬀective distance Reff(L1)
at which the eﬀective gravity load had to be applied at L1/L2 was estimated through
the resultant Izi and BMi values in order to consider those superior levels not in-
cluded in each model (i.e. HD, C1-C7 and T1-T12). For each lumbar level caudal
to L1, i.e. from L2 to S1, local boundary loads were simply calculated by using
the BMi and Izi values derived from [304] (see Table 4.3). All in all, based on the
above calculations, a total gravity load of 249.3 N was estimated corresponding to
about 40% of the simulated BW for a 64 kg subject. Estimated load magnitudes
and eﬀective distances per level are given in Table 5.4. The eccentric paths of the
load distribution for each model are shown in Fig.5.3
Finally, both generic and P-SP FE meshes had four diﬀerent groups of element-type:
shell elements (vertebrae), hexahedral elements (discs and facets), truss elements
(muscles and ligaments), and beam elements (network for load application). All sim-
ulations of both postures were performed with the FE commercial software ABAQUS
(Simulia, Providence, RI, USA) under large displacements and large strains using a
coupled ﬂuid-solid FE approach. Results were analyzed at maximum loading (e.g.
at the end of standing simulation) in terms of pore pressure (center of the NP), axial
stress (AF and NP), muscle forces and strains (fascicle elements).
Table 5.4: Total gravity load distributions per level for a 64 kg subject.
L1/L2 L2/L3 L3/L4 L4/L5 L5/S1
Load (N) 187.2 15.1 14.4 16.3 16.3
Ri (mm) 44.4 27.0 18.0 11.0 4.0
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Figure 5.3: Deﬁnition of the eccentric gravity load path through the segmental COM
in the (A) generic and (B) P-SP L1-S1 FE models.
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5.3 Results
5.3.1 Generic model
5.3.1.1 Muscle forces and strains
Force-strain results showed that the muscle model captured activation of all fascicles
under gravity loads. Simulation of standing without PR resulted in higher loads
between L3-L5 for the trunk extensors (Fig. 5.4 ILpL, LTpL, MF) whose fascicles
also tended to suﬀer more shortening (Fig. 5.5). When PR was considered, a
diﬀerent force distribution was calculated along the levels (Fig. 5.6). Particularly
for the local fascicles, previous disc swelling was found to have a notable eﬀect
on the muscle behavior when standing followed. For instance, without PR, ILpL
fascicles were shortened up to approximately 0.65% (L4/L5) (Fig. 5.5) developing
compression forces from 0.8 (L1/L2) to about 3 N (L3/L4, L4/L5) (Fig. 5.4).
When PR was considered, these fascicles were pre-stretched. Maximum traction
forces equal to 1.4 N at L1/L2 (Fig. 5.6) and fascicle lengthening up to 0.41% (Fig.
5.7, L4/L5) were calculated in standing. PR had a similar eﬀect both on strain and
force patterns for most of the MF and LTpL fascicles. In standing without PR, MF
fascicles transferred mainly compression loads with a peak around 1.3 N (Fig. 5.4).
Most of the global fascicles, in turn, exerted traction forces to the spine and hence
their role in the movement depended on the type of deformation: without PR, all
PS and L4-L5 LTpTh fascicles were shortened and therefore actively contributed to
the forward trunk ﬂexion. When PR was considered before standing, these fascicles
were lengthened up to 0.13% (Fig. 5.7) and they exerted tensile forces up to almost
2.4 N.
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Figure 5.4: Muscle forces per lumbar level and fascicle in the generic L1-S1 FE model in standing.
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Figure 5.5: Muscle strain per lumbar level and fascicle in the generic L1-S1 FE model in standing.
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Figure 5.6: Muscle forces per lumbar level and fascicle in the generic L1-S1 FE model in standing with PR.
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Figure 5.7: Muscle strain per lumbar level and fascicle in the generic L1-S1 FE model in standing with PR.
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Figure 5.8: Eﬀect of PR on the muscle activation per
level for the generic L1-S1 FE model in standing.
Figure 5.8 presents the variation of
muscle activation per lumbar level
in standing position with and with-
out PR. As shown, in the latter
case, highest activations were calcu-
lated in the mid lumbar zone, i.e.
between L2/L3 and L4/L5 (∼3 N
per level). Consideration of PR re-
quired signiﬁcantly less muscle ac-
tivation at all lumbar levels: from
28% up to 95% lower active forces
at L1/L2 and L4/L5, respectively. That is, previous disc swelling contributed to the
stabilization of the spine against the external loads and therefore, less muscle work
was needed to fulﬁll the system's equilibrium.
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Figure 5.9: Eﬀect of PR on total force distribution
per level in the generic L1-S1 FE model in standing.
The distribution of total muscle
forces along the levels changed dras-
tically from compression (without
PR) to traction forces (with PR)
(Fig. 5.9). The maximum load
magnitude predicted in standing
without PR was around 6 N at
L3/L4 (absolute value), while when
PR was simulated, the maximum
was localized at L1/L2 level with
a value that was about two times
higher. At this level, without PR, a
traction force around 0.5 N was calculated. Between L3/L4 and L4/L5, muscle load
predictions followed a qualitatively similar pattern between the two simulations, i.e.
ﬁrst decrease and then slightly increase again.
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5.3.1.2 Intradiscal pressure
The IDP was calculated in the center of the NP of each of the ﬁve discs in regions
with similar volume as the ones selected for the L3-S1 model (Fig. 4.9): 9.79 mm3
(L1/L2), 8.22 mm3 (L2/L3), 11.32 mm3 (L3/L4), 11.50 mm3 (L4/L5), 8.25 mm3
(L5/S1). Accordingly, mean±SD values were estimated per disc in four diﬀerent
simulation cases studying the eﬀect of PR and MS (Table 5.5):
 Case 1: Standing with previous swelling, with muscle presence (PR, MS)
 Case 2: Standing without previous swelling, with muscle presence (PR, MS)
 Case 3: Standing with previous swelling, without muscle presence (PR, MS)
 Case 4: Standing without previous swelling, without muscle presence (PR, MS)
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Figure 5.10: Eﬀect of PR and MS on the IDP predictions per level using the generic
L1-S1 FE model in standing.
As shown in Fig. 5.10, when PR was simulated, muscles were found to slightly vary
the IDP at L1/L2 and L3/L4 levels (3%), while at the remaining two levels no change
was seen (Case 1, Case 3). Mean IDP values around 0.30-0.33 MPa were calculated
between L1/L2 and L4/L5 in both cases, at the same time that the predicted L5/S1
IDP was equal to 0.16 MPa either with or without MS. Muscle inclusion was found
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to have a similar eﬀect on IDP when PR was not simulated (Cases 2,4), although
generally lower mean pressures were calculated between 0.22-0.25 MPa (Table 5.5).
Exploration of the eﬀect of PR with muscle presence (Cases 1,2) revealed a signiﬁcant
variation of disc pressures at all levels: 25% to 29% lower mean IDP values were
calculated between L1/L2 and L4/L5 when PR was not considered, while the mean
L5/S1 disc pressure increased by about 36% (0.25 MPa). An analogous pattern was
predicted for the eﬀect of PR on IDP values when muscles were not present (Cases
3,4; Fig. 5.10). At L3/L4, the IDP predictions in standing with PR (0.31±0.02 MPa)
correlated well with the in vivo measurements of [203] (0.27 MPa) and laid within
the reported range in [202] (0.34±0.08 MPa) (Table 5.5). At L4/L5, the predicted
range of disc pressure, i.e. 0.30±0.03 MPa, was in agreement with the mean IDP
in [307] (0.35 MPa), and within the range measured by Sato et al. [198] (0.22-0.75
MPa) although they were statistically underestimated as reported in Table 5.5.
Fig. 5.11 presents the calculated eﬀect of muscle simulation on the IDP after 8
hours of rest. Mean pressure increase of 18 and 8% was calculated at L1/L2 and
L3/L4, respectively, while at the lowest two lumbar levels the IDP remained constant
between 0.14 and 0.15 MPa (Table 5.5). Such values agreed perfectly with the 0.14
MPa increase measured overnight by Wilke et al. [195] on a single healthy L4/L5
disc.
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Figure 5.11: Eﬀect of MS on the IDP increase per level using the generic L1-S1 FE
model after 8 hours of simulated rest.
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Table 5.5: Intradiscal pressure (MPa) values in the center of NP in the generic L1-S1 FE
model. (PR=Prev.swelling; MS=Muscle presence)
L1/L2 L2/L3 L3/L4 L4/L5 L5/S1
FE model-Standinga
Case 1 (PR, MS) 0.32±0.01 0.31±0.01 0.31±0.02 0.30±0.03 0.16
Case 2 (PR, MS) 0.24±0.01 0.22±0.01 0.22±0.02 0.22±0.03 0.25
Case 3 (PR, MS) 0.33±0.01 0.31±0.01 0.30±0.02 0.30±0.03 0.16
Case 4 (PR, MS) 0.25±0.01 0.22±0.01 0.23±0.02 0.23±0.04 0.25
FE model-Lying (8-h rest)a
MS 0.13 0.13 0.14 0.14 0.15
MS 0.11±0.03 0.13 0.13 0.14 0.15
In vivo-Standing
Schultz et al. [203] - - 0.27b - -
Andersson et al. [202] - - 0.34±0.08a - -
Wilke et al. [195] - - - 0.50 -
Takahashi et al. [307] - - - 0.35b -
Sato et al. [198] - - - 0.54±0.18a,c -
In vivo-Lying (7-h rest)
Wilke et al. [195] - - - 0.14 -
aMean±SD.
bMean value.
cMeasured range: 0.22-0.75 MPa.
5.3.1.3 Lumbar lordosis and intersegmental motion
Figure 5.12: Schematic representation of
the measurement of the L1-S1 (A-D) and L3-
L4 (B-C) Cobb angles.
The Cobb method [317] was used to assess
the sagittal plane deformity of the generic
FE model for all the four aforementioned
simulated cases of standing position. The
technique was employed for the measure-
ment of both monosegmental angles (i.e.
from L1-L2 to L4-L5) and the lumbosacral
curvature (L1-S1) as illustrated in Fig. 5.12.
For instance, the L3-L4 lordotic angle was
measured between the superior L3 and the
inferior L4 endplates, and the L1-S1 between
the superior L1 and inferior S1 endplates.
Results for each case are listed in Table 5.6. In standing with PR (Case 1), the
128
5. Development of generic and P-SP L1-S1 FE models
Table 5.6: Monosegmental and L1-S1 Cobb angles (°) in the generic L1-S1 FE model in
standing.
Case 1 Case 2 Case 3 Case 4 Eﬀect of PR (%) Eﬀect of MS (%)
(Case 1,2) (Case 1,3)
L1-L2 0.13 0.27 0.20 0.20 -51.9 -35.0
L2-L3 0.39 0.33 0.36 0.36 15.4 7.7
L3-L4 3.90 3.66 3.84 3.76 6.2 1.5
L4-L5 6.94 7.10 7.32 7.03 -2.3 -5.2
L1-S1 30.33 30.33 30.34 30.32 0.00 0.03
calculated L1-S1 curvature was 30.33°, same as in simulated standing without PR
(Case 2). Subtle diﬀerences were also predicted between Cases 1,3 (with PR) or
Cases 2,4 (without PR) (Table 5.6). However, in terms of ISR, notable variations
were found between the simulated cases (Table 5.6). For example, consideration of
PR decreased the L1-L2 angle by about 52%, i.e. the spine was rotated forward at
this level, although such motion was compensated for the levels in the midst (up to
15.4% backward rotation at L2-L3). Similarly, the forward rotation seen at L1-L2
when MS was considered was again balanced between L2-L4 levels. On the eﬀect of
either studied factors (PR, MS), a trend of forward rotation at L4-L5 was generated
and captured by the model.
For all four studied cases of standing, the centers of each vertebral body were ob-
tained, and centroids were plotted in the sagittal plane to assess the intersegmental
translations (IST). In the axial direction, without MS (Case 3), bigger upward trans-
lations were predicted for the upper three VB compared to Case 1 (Fig. 5.13A),
whereas without PR (Case 2), downward centroid motion was seen (Fig. 5.13B).
The combined eﬀect of PR and MS on the lower lumbar spine was found to be more
important at L3-L4 (Fig. 5.13C, D). In the antero-posterior direction (Fig. 5.14),
the IST gradually decreased from L1-L2 to L3-L4 (3.03-1.03 mm1), and increased
again at L4-L5 (1.22 mm1). In standing without PR (Case 3), around 27% higher
posterior translation was calculated at L3-L4 level compared to Case 1. However,
when muscles were not present (Cases 2,4), the absence of PR resulted to 33%
smaller translation at this level.
1Mean value calculated among the four cases.
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Figure 5.13: Eﬀect of (A) MS, (B) PR on the L1-L5 centroid position; Eﬀect of PR
on the L3-L5 centroid position (C) with and (D) without MS (generic L1-S1 FE model,
standing).
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Figure 5.14: Postero-anterior IST in the generic L1-S1 FE model in standing.
5.3.1.4 Eﬀect of IVD condition in generic geometries
To investigate the eﬀect of disc condition on internal loads and muscle activation
predictions, comparisons were performed between two identical generic L1-S1 FE
models with the same IVD geometries (Fig. 5.3A) but diﬀerent sets of disc material
properties: one healthy (Table 4.2) and one degenerated (Table 5.3) set. Accordingly,
the presented results from the generic FE model with healthy disc properties will be
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hereafter called Healthy (Case 1 with MS, Case 3 without MS) and results from
the model with degenerated disc properties as Degenerated (Case 5 with MS, Case
6 without MS).
First, the eﬀect of disc degeneration was analyzed in terms of IDP in standing (Fig.
5.15) and after rest (Fig. 5.16). For both postures, simulations were run with
PR once with MS and then without MS. In standing (Fig. 5.15), mean IDP for
healthy discs was from 0.16 to 0.33 MPa either with (Case 1) or without MS (Case
3), even though a slightly diﬀerent intralevel distribution was predicted among the
cases. The healthy L5/S1 disc had always had the lowest IDP among all levels (0.16
MPa). When degenerated discs were simulated, the IDP ranges changed to 0.21-
0.29 MPa with MS (Case 5) and 0.21-0.30 MPa without MS (Case 6). As it can be
observed, muscle function did not seem to aﬀect the pattern predicted: degenerated
discs decreased the IDP at all levels but L5/S1 (Fig. 5.15). In both Cases 5 and
6 of standing with degenerated discs, the IDP at the lumbosacral disc remained
constant at 0.21 MPa that was approximately 31% higher than the result calculated
for healthy discs. Moreover, even though all three upper IVDs were classiﬁed as
grade 3 and hence had the same material properties, diﬀerent IDP were predicted
between them in either cases of standing, i.e. with or without muscles (Fig. 5.15).
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Figure 5.15: Eﬀect of disc condition on the IDP predictions (mean±SD) using the
generic L1-S1 FE model in standing position: with (left) and without (right) MS.
In lying position after 8 hours of rest (Fig. 5.16), disc condition was found to have
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a crucial eﬀect on the IDP increase. When muscles were included (Fig. 5.16 left),
simulation with degenerated discs gave 53-59% lower IDP between L1/L2 (grade
3) and L4/L5 (grade 2), but 40% higher IDP at L5/S1 (grade 2) compared to
the simulation with healthy discs. Pressure increase at the degenerated discs was
between 0.06-0.21 MPa, whereas at healthy discs the respective values varied from
0.13 to 0.15 MPa.
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Figure 5.16: Eﬀect of disc condition on the IDP predictions (mean±SD) using the
generic L1-S1 FE model after 8-h rest: with (left) and without (right) MS.
Without MS (Fig. 5.16 right), such tendency was even more pronounced: 63% and
69% lower IDP increase was predicted at L2/L3 (grade 3) and L4/L5 (grade 4),
respectively, compared to the healthy case, even though the geometry of all discs
was kept intact between the models. At L5/S1 (grade 2), no eﬀect was observed for
the muscles on the IDP increase overnight, remaining equal to 0.15 MPa for healthy
properties and 0.21 MPa for degenerative properties.
In order to further explore any possible relation between the disc condition and the
muscle function, the active forces developed were studied in standing position with
PR for both Case 1 and Case 5. As presented in Fig. 5.17, disc condition did not
aﬀect the prediction of muscle activation at L1/L2, where active forces remained
around 1.45 N. Between L2 and L5, nonetheless, a signiﬁcant increase was predicted
in the simulation with degenerated discs. Active forces at L2/L3, L3/L4 (discs of
grade 3) were almost 3 N per level, i.e. about ten and ﬁve times, respectively,
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higher than with healthy discs. At the L4/L5 level (IVD of grade 4), active forces
passed from 0.13 to 1.84 N (Fig. 5.17). That is, at this level muscles developed
14 times higher loads when degenerated discs were considered. At the lumbosacral
level, active forces with healthy discs were 0.3 N, whereas with degenerated discs,
the corresponding load magnitude was about 0.9 N. Table 5.7 lists the active forces
developed per each muscle and per level in standing with previous disc swelling and
either healthy or degenerated disc propeties.
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Figure 5.17: Eﬀect of disc condition on muscle activation per level using the generic
L1-S1 FE model in standing with PR.
Table 5.7: Active forces (N) in standing position using the generic L1-S1 FE model and
healthy/degenerated disc material properties.
Lumbar level
Muscle L1/L2 L2/L3 L3/L4 L4/L5 L5/S1
H/Da H/D H/D H/D H/D
MF 1.05/0.36 0.03/1.29 0.00/0.64 0.03/0.41 0.00/0.58
ILpL 0.00/0.25 0.00/0.50 0.00/0.82 0.00/0.22 -/-
LTpL 0.00/0.16 0.00/0.25 0.00/0.39 0.00/0.09 0.01/0.01
PS 0.06/0.57 0.06/0.76 0.05/1.03 0.01/0.92 0.03/0.23
LTpTh 0.34/0.09 0.23/0.16 0.56/0.15 0.10/0.20 0.26/0.13
Sum per level 1.45/1.43 0.32/2.96 0.61/3.03 0.14/1.84 0.30/0.95
aH=Healthy; D=Degenerated.
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Mid sagittal heights were also calculated for each disc in standing with PR and MS
and with either sets of disc parameters, i.e. healthy (H, Case 1) or degenerated
(D, Case 5), as summarized in Table 5.8. With healthy material properties, the
largest increase from the initial disc height was calculated between L1/L2 (1.4%)
and L2/L3 (1.5%). With degenerated material properties, the disc heights at these
levels showed no variation, whereas between L3-L5 they lost about 1.8 and 1.3% of
their initial mid disc height.
Table 5.8: Mid sagittal disc heights (mm) in standing and diﬀerence from the
initial values (%) for the generic discs with healthy/degenerateda properties.
IVD Initial H D H-Initial (%) D-Initial (%)
L1/L2 8.72 8.84 8.73 1.4 0.1
L2/L3 9.92 10.07 10.00 1.5 0.8
L3/L4 13.10 13.21 12.87 0.8 -1.8
L4/L5 14.33 14.41 14.14 0.5 -1.3
L5/S1 10.34 10.34 10.34 -0.03 -0.02
aH=Healthy; D=Degenerated.
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5.3.2 Patient-speciﬁc model
5.3.2.1 Muscle forces and strains
In standing without PR, all fascicles between L1 and L3 transferred compression
forces with maximum values at L3/L4 (around 1.5-2 N for ILpL-LTpTh) (Fig. 5.18).
The fascicle force magnitudes predicted between L1/L2 and L2/L3 were similar in
LTpL and MF. At the lower lumbar levels, traction forces were calculated for most
fascicles except for LTpTh for which total forces were compressive. The highest
contribution was seen for the dorsal elements, i.e. L4 ILpL (0.53 N) and L5 LTpL
(0.25 N), followed by the PS forces at L5/S1 (up to 0.17 N).
When rest was simulated before standing (Fig. 5.19), similar force distributions per
level with generally decreased magnitudes were computed especially for the dorsal
muscles compared to simple standing. Moreover, traction forces about 0.02 N were
calculated for the upper PS fascicles arising from the L1 and L2 vertebrae, and from
the IVD-vertebra interfaces at L2/L3. At these levels, the LTpL and MF transferred
comparable compression forces per level ranging up to 1 N. For the LTpTh fascicles,
previous disc swelling had a clear eﬀect particularly in the higher lumbar spine: at
L2/L3, the total fascicle force increased to 2 N (absolute value), whereas at L3/L4,
it almost dropped to 0 (Fig. 5.19).
Strain results in standing showed bilateral contraction for most muscles. However,
notable diﬀerences were predicted between the two sides of the muscle, i.e. left-
right. Therefore, the fascicle strain-activation was analyzed per side instead of per
pair, as performed previously for the generic model (Fig. 5.5, 5.7). The following
tables list the strain and active force predictions per fascicle and per side in standing
(Table 5.9) and standing with PR (Table 5.10). In either simulations of standing,
shortening was predicted for all fascicles but for ILpL, LTpL fascicles at L4/L5
that were both lengthened. An initial evaluation of the eﬀect of PR on the overall
strain levels revealed that smaller strains were predicted for all muscle fascicles in
standing when previous disc swelling was considered compared to simple standing
(Table 5.10, Fig. 5.20-5.21). Actually, given the stretch-induced activation criteria
of the muscle model, such decrease in strain levels resulted also in lower active force
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values. Nonetheless, previous disc swelling had no eﬀect on the zero deformation
and activation captured by the model for all L5 MF, LTpL and PS fascicles in both
standing cases (Table 5.9, Table 5.10).
Similar behavior was seen for the LTpTh arising from L1/L2 and for most of the
shorter fascicles with attachments to the ribs. Maximum shortening was predicted
for the L3 laminar MF fascicle attached between the L3 and L5 vertebrae: -1.87%
in standing (Fig. 5.20), -1.59% when standing followed PR (Fig. 5.21). For all
muscles but PS, larger fascicle compression was calculated at the left side fascicles
in comparison with the right side in either simulations. In fact, for instance for L3
ILpL, such asymmetric muscle contraction between the two sides (-1.06%/-0.07%
strain in standing) resulted in up to 17 times higher active forces developed on the
spine tissues at the left side of the trunk (Fig. 5.20). For the PS, however, higher
compression and activation was predicted at the right side of the muscle for all
fascicles but the one attached to the L2 transverse process (Table 5.9, Table 5.10).
In standing (Table 5.9), the highest active forces at the left side were developed by
the lumbar IL and LT at L3/L4 (1.16 N) and L4/L5 (0.69 N), respectively, followed
by the L1L2 PS (0.50 N) and MF S2 (0.40 N) fascicles (Fig. 5.20). In standing
with PR (Table 5.10), muscle activation showed a similar tendency although for the
MF S2 active forces were slightly higher than for the L1L2 PS (0.35 versus 0.31
N, respectively). On the right side, the highest activation for ILpL, PS and LTpL
was predicted at the two uppermost levels; with PR, maximum active forces were
0.66, 0.48 and 0.16 N, respectively (Fig. 5.21), while without PR, the correspond-
ing predictions were 0.77, 0.57 and 0.53 N (Table 5.9). For the thoracic LT, low
contribution was calculated in either cases of standing.
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Figure 5.18: Muscle forces per lumbar level and fascicle in the P-SP L1-S1 FE model in standing.
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Figure 5.19: Muscle forces per lumbar level and fascicle in the P-SP L1-S1 FE model in standing with PR.
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Table 5.9: (L)eft/(R)ight fascicle strain and active force predictions in standing using
the P-SP L1-S1 FE model.
Muscle Fascicle Strain (L/R) (%) Active force (L/R) (N)
L1 -0.99/-1.12 0.10/0.11
S1,1 -0.90/-0.64 0.18/0.13
S1,2 -1.09/-0.56 0.24/0.12
S1,3 -0.81/-0.52 0.14/0.09
S1,4 -0.74/-0.55 0.00/0.00
L2 -1.40/-1.03 0.16/0.11
S2,1 -1.15/-0.56 0.25/0.12
S2,2 -0.80/-0.52 0.40/0.26
MF S2,3 -0.69/-0.48 0.35/0.24
L3 -1.87/-1.12 0.27/0.16
S3,1 -0.54/-0.47 0.17/0.14
S3,2 -1.02/-0.68 0.32/0.21
L4 -0.58/-0.33 0.07/0.04
S4,1 -0.20/-0.19 0.06/0.06
S4,2 -0.39/-0.31 0.12/0.09
L5 0.00/ 0.00 0.00/0.00
S5,1 0.00/ 0.00 0.00/0.00
L1 -0.59/-0.49 0.33/0.27
L2 -0.20/-0.91 0.16/0.77
ILpL L3 -1.06/-0.07 1.16/0.07
L4 -0.51/ 0.27 0.75/0.00
L1 -0.69/-0.65 0.28/0.26
L2 -0.93/-0.31 0.60/0.15
LTpL L3 -0.35/-1.05 0.22/0.53
L4 -0.80/ 0.05 0.69/0.00
L5 0.00/ 0.00 0.00/0.00
L1 0.00 / 0.00 0.00/0.00
L2 -0.14/-0.11 0.01/0.01
LTpTha L3 -0.52/-0.38, 0.00/ 0.00 0.05/0.03, 0.00/0.00
L4,1 -0.86/-0.75, 0.00/ 0.00 0.06/0.05, 0.00/0.00
L4,2 -0.86/-0.85, -0.16/-0.23 0.06/0.06, 0.01/0.02
L5 -0.82/-0.84, -0.19/-0.23 0.08/0.08, 0.02/0.02
TP1 -0.21/-0.25 0.12/0.15
VB1 -0.25/-0.26 0.49/0.52
L1L2 -0.25/-0.28 0.50/0.57
TP2 -0.29/-0.10 0.28/0.09
PS L2L3 -0.11/-0.31 0.17/0.49
TP3 -0.08/-0.31 0.13/0.51
L3L4 -0.10/-0.29 0.18/0.53
TP4 0.00/-0.19 0.00/0.21
L4L5 -0.04/-0.16 0.04/0.18
TP5 0.00/ 0.00 0.00/0.00
VB5 0.00/ 0.00 0.00/0.00
aEach second set of values corresponds to the fascicle part between the last lumbar and the ﬁrst thoracic
attachment; e.g. for LTpTh L3, it is the fascicle part between L1-T7 levels.
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Table 5.10: (L)eft/(R)ight fascicle strain and active force predictions in standing with
PR using the P-SP L1-S1 FE model.
Muscle Fascicle Strain (L/R) (%) Active force (L/R) (N)
L1 -0.45/-0.60 0.04/0.06
S1,1 -0.54/-0.31 0.11/0.06
S1,2 -0.80/-0.27 0.18/0.06
S1,3 -0.58/-0.28 0.10/0.05
S1,4 -0.52/-0.32 0.00/0.00
L2 -1.08/-0.78 0.12/0.08
S2,1 -1.03/-0.44 0.23/0.09
S2,2 -0.71/-0.42 0.35/0.20
MF S2,3 -0.59/-0.38 0.30/0.19
L3 -1.59/-0.82 0.23/0.11
S3,1 -0.43/-0.36 0.13/0.11
S3,2 -0.88/-0.53 0.27/0.16
L4 -0.49/-0.23 0.06/0.03
S4,1 -0.14/-0.13 0.04/0.04
S4,2 -0.30/-0.21 0.09/0.06
L5 0.00/ 0.00 0.00/0.00
S5,1 0.00/ 0.00 0.00/0.00
L1 -0.41/-0.31 0.23/0.17
L2 -0.05/-0.80 0.04/0.66
ILpL L3 -0.98/ 0.07 1.06/0.00
L4 -0.50/ 0.31 0.73/0.00
L1 -0.45/-0.41 0.18/0.16
L2 -0.93/-0.15 0.47/0.07
LTpL L3 -0.79/-0.19 0.51/0.12
L4 -0.75/ 0.15 0.66/0.00
L5 0.00/ 0.00 0.00/0.00
L1 0.00 / 0.00 0.00/0.00
L2 -0.05/-0.02 0.00/0.00
LTpTha L3 -0.17/ 0.00, 0.00/ 0.00 0.01/0.00, 0.00/0.00
L4,1 -0.57/-0.45, 0.00/ 0.00 0.04/0.03, 0.00/0.00
L4,2 -0.78/-0.76, -0.03/-0.10 0.05/0.05, 0.00/0.01
L5 -0.67/-0.69, -0.05/-0.09 0.07/0.07, 0.01/0.01
TP1 -0.13/-0.16 0.07/0.09
VB1 -0.16/-0.17 0.31/0.34
L1L2 -0.16/-0.19 0.31/0.37
TP2 -0.24/-0.05 0.24/0.05
PS L2L3 -0.05/-0.25 0.07/0.39
TP3 -0.05/-0.28 0.08/0.47
L3L4 -0.07/-0.26 0.12/0.48
TP4 0.00/-0.18 0.00/0.21
L4L5 -0.03/-0.16 0.03/0.17
TP5 0.00/ 0.00 0.00/0.00
VB5 0.00/ 0.00 0.00/0.00
aEach second set of values corresponds to the fascicle part between the last lumbar and the ﬁrst thoracic
attachment; e.g. for LTpTh L3, it is the fascicle part between L1-T7 levels.
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Figure 5.20: Strains and active force predictions per side for the fascicles in the P-SP
L1-S1 FE model in standing.
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Figure 5.21: Strains and active force predictions per side for the fascicles in the P-SP
L1-S1 FE model in standing with PR.
141
FE SIMULATION OF THE HEALTHY AND DEGENERATED LS
Figure 5.22 presents the variation of muscle activation per lumbar level in standing
position with and without PR taking into account the contribution of all fascicles. As
observed, the active force development followed an almost bell-shaped distribution
along the lumbar spine with highest predictions between L2/L3 and L3/L4 levels
in either case. Without previous disc swelling (Fig. 5.22), the results ranged from
1.55 (L5/S1) to 5.11 N (L2/L3, L3/L4). In standing with PR, the corresponding
values varied from 1.24 to 3.98 N, respectively. In other words, simulation of PR
required 15-39% less activation of the back muscles to achieve mechanical stability
of the system in standing.
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Figure 5.22: Eﬀect of PR on the muscle activation per level in the P-SP L1-S1 FE
model in standing.
When passive muscle resistance was also considered in order to calculate the total
muscle forces, PR was found to have an important eﬀect on the force magnitudes and
its concentration between L2 and L3. For instance, as shown in Fig. 5.23, the total
force increase-decrease pattern predicted from L1/L2 to L3/L4 was similar between
the two simulations. Nevertheless, although results at L2/L3 were comparable (-
7.1, -6.1 N), at L1/L2 and L3/L4 a twofold increase of the compression forces was
predicted in standing without PR. Similar situation was seen at L4/L5 (around
53% diﬀerence). Interestingly, at the lower lumbar spine, total forces decreased by
approximately 17% from L4/L5 to L5/S1, while when PR was simulated before
standing, a total force increase of about 16% was calculated.
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Figure 5.23: Eﬀect of PR on total force distribution in the P-SP L1-S1 FE model in
standing.
5.3.2.2 Intradiscal pressure
IDP was calculated at the center of NP of all ﬁve discs following the same method-
ology as described in Chapter 4 and used for the generic models. Due to the altered
disc geometry of the patient model, selecting the region was adapted to the disc mesh.
For example, at L3/L4 and L4/L5, the mesh was more reﬁned than at other levels
and therefore, more integration points were considered for the calculation of the
mean IDP (Fig. 5.24). Accordingly, the volumes per NP were: 8.75 mm3 (L1/L2),
5.06 mm3 (L2/L3), 8.29 mm3 (L3/L4), 14.54 mm3 (L4/L5), 6.27 mm3 (L5/S1). In
order to explore the eﬀect of PR and MS, mean±SD values were estimated in four
diﬀerent simulation cases of standing posture like in 5.3.1.2.
8.29
Figure 5.24: Selected region (red) in the center of the L3/L4 NP for the calculation of
mean±SD IDP value. Region volume is given in the legend (Undeformed state).
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Disc pressures were also predicted after 8 hours of rest with and without muscle
simulation (Fig. 5.26). All results are summarized in Table 5.11 and graphed in Fig.
5.25.
Table 5.11: Mean±SD intradiscal pressure (MPa) values in the center of NP in the P-SP L1-S1
FE model in standing and lying. (PR=Prev.swelling; MS=Muscle presence)
L1/L2 (3)a L2/L3 (3)a L3/L4 (3)a L4/L5 (4)a L5/S1 (2)a
Standing
Case 1 (PR, MS) 0.28±0.01 0.27±0.003 0.34±0.02 0.42±0.04 0.19±0.004
Case 2 (PR, MS) 0.24±0.02 0.22±0.010 0.31±0.02 0.38±0.04 0.40±0.010
Case 3 (PR, MS) 0.29±0.01 0.29±0.003 0.37±0.02 0.41±0.04 0.20±0.004
Case 4 (PR, MS) 0.26±0.02 0.24±0.010 0.33±0.02 0.37±0.04 0.41±0.010
Lying (8-h rest)
MS 0.06 0.06 0.07 0.08 0.20±0.004
MS 0.06 0.05 0.06 0.06±0.01 0.20±0.004
aDisc degeneration grade.
In standing with previous disc swelling (Case 1), the mean IDP varied between 0.19-
0.42 MPa (Fig. 5.25). Without PR (Case 2), lower IDP were predicted at all levels
from L1/L2 (0.24±0.02 MPa) to L4/L5 (0.38±0.04 MPa). At L5/S1, the model
captured a mean pressure increase from 0.19 MPa to 0.40 MPa. When muscles were
not simulated (Cases 3,4), a similar tendency was predicted regarding the eﬀect of
previous disc swelling on disc pressure. Particularly, without PR (Case 4), mean
IDP values between L1/L2 and L4/L5 were 0.26, 0.24, 0.33 and 0.37 MPa, i.e. 10.3,
17.2, 10.8 and 9.8% lower than in Case 3. At the lumbosacral level, however, the
IDP without PR and without MS (0.41 MPa) was more than two times higher than
in Case 3 (0.20 MPa).
Analysis of the muscle role in standing with (Cases 1,3) and without (Cases 2,4)
previous disc swelling revealed that muscle absence constantly increased the mean
IDP at all levels except for L4/L5 (Fig. 5.25). In all cases of simulated standing,
the highest SD was calculated at L4/L5 where severe degeneration was clinically
identiﬁed (grade 4).
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Figure 5.25: Eﬀect of PR and MS on the IDP predictions per level using the P-SP
L1-S1 FE model in standing.
After 8 hours of rest, the IDP increased on average by 0.06 MPa at L1/L2-L3/L4
discs (grade 3), 0.08 MPa at L4/L5 (grade 4) and 0.20 MPa at L5/S1 (grade 2).
That is, like in the generic model, most discs were subjected to a pressure that
was only a fraction of the one in standing position. Without muscle action, small
variations were predicted (Fig. 5.26). For this simulation, no experimental data on
symptomatic population after rest could be retrieved from the literature in order to
evaluate the results obtained.
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Figure 5.26: Eﬀect of MS on the IDP increase per level using the P-SP L1-S1 FE model
after 8 hours of simulated rest.
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5.3.2.3 Lumbar lordosis and intersegmental motion
Calculations based on the model in standing position showed that previous disc
swelling aﬀected mainly the ISR at the upper two lumbar levels (Table 5.12) even
though the eﬀect between such levels was diﬀerent. Speciﬁcally at L1-L2, the calcu-
lated segmental angle decreased when PR was included, whereas at L2-L3 a slight
increase was predicted. Between L3-L5, the low swelling capacity of the relevant
discs (grade 3, 4) resulted in similar ISR predictions between Cases 1 and 2 (about
8.4°, 21.1° at each level respectively). On the contrary, MS had a signiﬁcant ef-
fect at most levels. That is, at L1-L2, the ISR was about 7.2% lower when muscle
were not simulated (Case 3), and when PR was not considered either (Case 4) the
monosegmental angle predicted was 12.3% smaller than in Case 1 (Table 5.12). In
comparison with the ISR predictions obtained with the generic L1-S1 model (Table
5.6), the monosegmental angles calculated in the degenerated spine were larger at
all lumbar levels. For instance, in Case 1, the results at the patient model from up
to downwards were 93%, 92%, 54% and 67% higher.
In terms of lordotic angle, the L1-S1 curvature calculated for the patient model in
standing position was 41.24° either with or without PR. Such value was approxi-
mately 36% higher than the lordotic angle calculated for the generic L1-S1 model
in the same cases of simulated standing (Table 5.6). As reported in Table 5.12,
previous disc swelling was found to have no eﬀect on the total lordotic angle of the
patient model even when it was combined with muscle absence (Cases 3,4).
Table 5.12: Monosegmental and L1-S1 Cobb angles (°) in the P-SP L1-S1 FE model in
standing.
Case 1 Case 2 Case 3 Case 4 Eﬀect of PR/MS/PR+MS (%)
L1-L2 1.95 2.02 1.81 1.71 -3.5/7.2/12.3
L2-L3 5.06 4.96 5.16 5.25 2.0/-2.0/-3.6
L3-L4 8.44 8.42 8.55 8.60 0.2/-1.3/-1.9
L4-L5 21.10 21.17 21.04 21.01 -0.3/0.3/0.4
L1-S1 41.24 41.24 41.28 41.28 0.00/0.11/0.11
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Similar tendencies were reﬂected by the analysis of the vertebral movement at the
diﬀerent planes (Fig. 5.27-5.29). When standing followed PR (Case 1), the VB
centroid positions showed a slight axial compression together with lateral bending
of the degenerated spine towards the left side. This behavior was further marked at
both frontal (Fig. 5.27 left, 5.28A) and transverse (Fig. 5.28C) planes when muscles
were absent (Case 3).
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Figure 5.27: IST in the frontal (left) and sagittal (right) plane using the P-SP L1-S1
FE model in standing.
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Figure 5.28: Eﬀect of MS on the L1-L5 centroid position in (A) frontal, (B) sagittal
and (C) transverse plane. (P-SP L1-S1 FE model, standing)
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Figure 5.29: Combined eﬀect of MS and PR on the L1-L5 centroid position in (A)
frontal, (B) sagittal and (C) transverse plane. (P-SP L1-S1 FE model, standing)
Indeed, as presented in these ﬁgures, such left lateral bend was principally observed
at the upper L1-L3 levels and was in line with the increased fascicle shortening pre-
dicted at those levels (Table 5.10). When both PR and MS were excluded from the
simulation (Case 4), the obtained proﬁles in standing (Fig. 5.29) were compara-
ble with Case 3. However, the lack of disc swelling resulted to a slightly increased
downward movement of the upper VB centers compared to Case 3 (Fig. 5.28B, Fig.
5.29B). Still, at the lower lumbar levels, the diﬀerence captured on the VB positions
was null. Compared to the generic model (Fig. 5.14), the postero-anterior IST on
the sagittal plane was very small (Fig. 5.27 right).
Calculations of anterior (at anterior AF), mid (at NP center) and posterior (at pos-
terior AF) disc heights revealed that body weight did not have an important eﬀect
on disc heights in any of the studied cases of standing (Fig. 5.30). In terms of disc
geometry, the signiﬁcant intralevel diﬀerences of especially the mid and posterior
heights at all standing states followed the same pattern as for the initial conﬁgura-
tion. The increased anterior disc heights compared to the posterior values at L1/L2
and L5/S1 (about 43% lower in either levels) reﬂected the wedge shaped geometry
of these joints. Particularly for L5/S1 (grade 2), height values in any standing case
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showed that the disc preserved its vertical dimensions at all three regions; anterior,
mid and posterior (Fig. 5.30). Taking into account the restricted motion of the
L5/S1 lower endplate, such outcome suggested that all aforementioned changes in
the NP pressure at this level (Cases 1-4, Fig. 5.25) led to a radial expansion of the
disc that was seen as symmetric posterior and anterior bulging of the annulus.
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Figure 5.30: Posterior, mid and anterior disc heights per level and per simulated case
of standing.
Table 5.13 lists the mid height values calculated at the NP of all discs of the generic
and P-SP lumbar spine models at the undeformed (initial) shape and the percentage
variation calculated per level when standing with PR was simulated for each model
(Case 1). In the undeformed conﬁguration, the patient model had thicker discs at
L1-L3 and L5/S1 levels than the generic model. The patient L3/L4 and L4/L5 IVDs
on the contrary were clearly more ﬂattened. Particularly at L4/L5, the NP height
of the healthy disc was three times larger than the one of the degenerated disc which
had a rather collapsed geometry (grade 4).
Table 5.13: Initial mid disc height (mm) and height diﬀerence calculated per level in
the generic and P-SP L1-S1 FE models in standing with PR (Case 1).
Generic P-SP
IVD Initial Height diﬀerence Initial Height diﬀerence
L1/L2 8.72 1.36% 9.41 -1.33%
L2/L3 9.92 1.49% 10.77 -0.45%
L3/L4 13.10 0.83% 10.78 -2.01%
L4/L5 14.33 0.56% 5.06 -2.47%
L5/S1 10.34 0.00% 12.15 0.00%
149
FE SIMULATION OF THE HEALTHY AND DEGENERATED LS
5.3.2.4 Eﬀect of IVD condition and geometry
At ﬁrst, the eﬀect of disc condition was explored by repeating the simulations of
Cases 1 and 3 for the patient model using healthy disc properties, i.e. the material
properties used in the generic model simulations (Table 4.2). In lying position at
the end of the 8 hours of rest, the IDP variation predicted using the patient model
with muscles and either sets of disc material properties at most levels was very
similar to the results presented previously for the generic model (Fig. 5.31 left).
Pressure increase in the degenerated discs after 8-h rest were between 0.06-0.20
MPa (with muscles) and 0.05-0.20 MPa (without muscles), whereas the mean ranges
in healthy discs were 0.14-0.15 MPa (with muscles) and 0.13-0.15 MPa (without
muscles). When muscles were included (Fig. 5.31 left), simulation with degenerated
discs gave 45-56% lower pressure increase between L1/L2 (grade 3) and L4/L5 (grade
4), but 22% higher IDP at L5/S1 (grade 2) than in the simulation with healthy discs.
When muscles were not included (Fig. 5.31 right), the respective variations of the
IDP increase overnight were similar: 53-57% between L1/L2 and L4/L5, 25% at
L5/S1. Muscles were found to have almost zero eﬀect on the simulated L5/S1 IDP
increase overnight independently of the disc condition.
In standing position, healthy material properties always increased the IDP predic-
tions at most levels but L5/S1 compared to the degenerated disc deﬁnitions, likewise
observed in the generic model with or without muscle presence (Fig. 5.32). Mean
IDP ranges were 0.15-0.42 MPa (healthy) and 0.19-0.42 MPa (degenerated) when
muscles were included (Fig. 5.32 left), whereas the corresponding ranges without
muscle presence were 0.15-0.43 MPa and 0.20-0.41 MPa (Fig. 5.32 right). Unlike the
outcomes of the generic model, the pressure predictions between L1-L3 increased in
caudal direction when healthy discs were simulated either with or without muscles.
Among all lumbar levels, the maximum IDP value for the patient model was cal-
culated at L4/L5 (average: 0.42 MPa) and was approximately 27% higher than the
maximum IDP calculated for the generic model (average: 0.31 MPa at L1/L2).
At L5/S1, the muscle eﬀect was almost null either with healthy (0.15, 0.15 MPa)
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Figure 5.31: Eﬀect of disc condition on the IDP predictions (mean±SD) using both the
P-SP and generic L1-S1 FE models after 8-h rest: with (left) and without MS (right).
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Figure 5.32: Eﬀect of disc condition on the IDP predictions (mean±SD) using both the
P-SP and generic L1-S1 FE models in standing: with (left) and without MS (right).
or degenerated (0.19, 0.20 MPa) disc properties, whereas the eﬀect of disc condi-
tion resulted in about 21-25% higher IDP pressures when degenerated discs were
simulated. The latter was comparable to the eﬀect of disc condition quantiﬁed as
approximately 24% at L5/S1 for the generic model. When muscle action was not
taken into account, the mean IDP was slightly decreased when degenerated disc
properties were assigned (0.41 MPa). Interestingly, when muscles were included,
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identical IDP was calculated at L4/L5 with either set of material parameters (0.42
MPa). In other words, disc condition had no eﬀect on the disc pressure magnitude
probably because the already collapsed geometry of the disc deﬁned the limited load
bearing ability at this level. In fact, analysis of the combined eﬀect of disc geometry
and disc condition on the IDP results supported such idea. Fig. 5.33 presents the
IDP predictions in standing with PR for the generic and P-SP L1-S1 models consid-
ering degenerated disc material properties for all discs in either model. In spite of
the identical material deﬁnition, the IDP increase calculated at L3/L4 (about 26%)
and L4/L5 (around 61%) where highest NP height decrease was discussed before
could be associated with the altered disc geometry of the patient discs. Indeed, the
L4/L5 IDP in the P-SP model (0.42±0.04 MPa) gave better correlations with pre-
vious in vivo measurements (0.54±0.18 MPa, [198] and 0.50 MPa, [195]) than the
corresponding IDP found in the generic model. Such outcome greatly contributed
towards the validation of the proposed methodology when P-SP conﬁgurations are
introduced in the simulations.
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Figure 5.33: Eﬀect of disc geometry on the IDP predictions in standing with PR using
degenerated disc material properties.
In standing position with PR, the calculated active forces were also compared for
the patient model using the two diﬀerent sets of disc properties (Fig. 5.34). From
a qualitative viewpoint, the relevant inter-level force distributions were similar with
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either healthy or degenerated disc parameters. That is, active forces increased pro-
gressively from L1/L2 to L3/L4, where the peak value was predicted, and then
decreased in the caudal direction. The predicted active loads per level ranged be-
tween 1.24-3.98 N (degenerated) and 0.42-1.92 N (healthy) revealing, as such, the
signiﬁcantly higher muscle activation required to balance the gravity loads in a de-
generated spine. Particularly, at L1/L2, the active forces with degenerated discs
were equal to 2.29 N, i.e. more than ﬁve times higher than the corresponding value
with healthy discs (0.42 N), while at the levels between L2 and S1, a twofold increase
was predicted on average. In either simulations, similar activation was predicted be-
tween L2/L3 and L3/L4 levels. Indeed, the relative force distribution pattern in the
patient model with degenerated discs correlated well with the respective predictions
in the generic model with the same degenerated disc properties (Fig. 5.17).
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Figure 5.34: Eﬀect of disc condition on muscle activation per level using the P-SP L1-S1
FE model in standing with PR.
For a general evaluation of the spine loads predicted in standing posture, compar-
isons were performed between the generic and P-SP L1-S1 models with and without
previous disc swelling. To do so, the results of simulated Cases 1 and 2 for each
model were considered here with healthy disc material properties. Accordingly, Fig.
5.35 presents the eﬀect of previous disc swelling on the active force predictions per
level for the generic and P-SP models. For the generic model, simulation of pre-
vious disc swelling led to notably diﬀerent activation needs to mechanical stabilize
the trunk in standing, both in terms of magnitude and inter-level variation. For
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instance, without PR, the highest active forces were concentrated between L2/L3
and L3/L4 (around 3.4 N), whereas with PR, the highest active forces were more
than 50% lower and were localized at L1/L2. For the degenerated spine, the eﬀect
of PR was reﬂected by decreased magnitudes of active forces needed rather than
by modiﬁcations of the inter-level of relative activation (Fig. 5.35). Nonetheless, in
both lumbar spine models, the minimum values of activation were always calculated
at the lumbosacral level and were further decreased when PR was simulated before
standing, particularly for the generic model (about 71%).
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Figure 5.35: Comparison of the active forces per level between the generic and P-SP
models in standing without (left) and with (right) PR.
Similar analysis of the resultant muscle forces per lumbar level in both models with
(Fig. 5.36 left) and without PR (Fig. 5.36 right) revealed the crucial eﬀect of
swelling mainly on the generic spine. More speciﬁcally, although in simple standing
the muscles in the generic model developed compressive loads at most levels but
L1/L2, the increased swelling capacity of the discs resulted in the development
of high tensile loads when standing followed PR. Indeed, in that case, the load
distribution per level decreased craniocaudally for the generic spine.
In standing, the model captured concentration of compressive loads at the upper
lumbar spine in the degenerated spine (Fig. 5.36 left). At L4/L5, the total muscle
load magnitude predicted was about half compared to the value obtained for the
generic model. In standing with PR, relevant diﬀerences between the two models
were calculated: up to 74 and 79% smaller loads in absolute values were developed
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Figure 5.36: Comparison of the total muscle forces per level between the generic and
P-SP models in standing without (left) and with (right) PR.
at L1/L2 and L4/L5, respectively, in the P-SP model (Fig. 5.36 right). Nonetheless,
the average deformation of the muscle network was 0.35% in the P-SP model, that
is almost two times higher than in the generic model (0.18%). Without PR, both
mean deformation values were somewhat larger: 0.45% and 0.30%, respectively.
5.4 Discussion
5.4.1 Generic model
The ﬁrst half of this chapter focused on employing the methodology proposed in
Chapter 3 for the biomechanical study of a full lumbar spine FE model with a
generic geometry.
In standing position, the eﬀects of two factors were explored upon load predictions
and spine kinematics: previous disc swelling (PR) and muscle presence (MS). In
terms of forces, without PR, the model predicted a high load concentration between
L2-L4 levels, with active forces varying in the range of 2.7-3.3 N (Fig. 5.8). The
resultant forces predicted at these levels were between -2 and -6 N (Fig. 5.9) and
important contributions of all dorsal and L4-L5 LTpTh fascicles were seen (Fig. 5.4).
Interestingly, at L1/L2, despite the high loads exerted mainly by ILpL and LTpL
(-1.3 N), the resultant muscle force was positive and equal to 0.5 N. Such behavior
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was attributed to the short L1 fascicles of MF (LAM1, SP1) for which analysis of
the constitutive stress terms revealed high volumetric contribution. Particularly, the
lengthening predicted in standing for these two fascicles (Fig. 5.5) created about
74% higher passive forces compared to the active forces at this level. In total, the
tensile load developed together with the PS and LTpTh fascicles was over 2 N, that
is 128% higher than the compression forces applied by the rest of muscles at this
level.
When PR was simulated, traction total forces were calculated by the model at all
levels with a decreasing tendency from L1/L2 (11.5 N) to L5/S1 (2.9 N) (Fig. 5.9).
The signiﬁcant eﬀect of PR on the L1/L2 total force magnitude (0.5 N against 11.5
N) was explained by an overall muscle contribution with increased tensile forces
(Fig. 5.6). In that case, the active force distribution followed a rather asymmetric
pattern with the highest active forces calculated at L1/L2 (1.5 N) and L3/L4 (0.6 N)
(Fig. 5.8). Given the healthy condition of the discs, previous IVD swelling oﬀered
mechanical stabilization to the spine and so, when standing followed, generally lower
muscle activation was needed to satisfy the system equilibrium. The IDP predictions
also reﬂect such behavior (Fig. 5.10): simulation of PR increased the disc pressure
between L1/L2 and L4/L5 by up to 41% reaching IDP values that were in agreement
with in vivo measured data in standing (Table 5.5). At L5/S1, however, the IDP
decreased. Analysis of the stress components (Eq. 2.4) immediately after the 8-h
rest revealed that the IDP value captured by the model was basically attributed to
the deviatoric stress term developed in the center of this disc (approximately 0.15
MPa, absolute value). Application of the gravity loads gave similar stress values
at L5/S1, although for the other discs, the signiﬁcant increase of the volumetric
stress term justiﬁed the overall IDP increase calculated (Fig. 5.10). Indeed, in
standing without PR, the increase of the L5/S1 IDP was associated with the higher
contribution of the volumetric stress component. Since healthy material properties
were considered using an identical set of values for all discs, the low IDP values
at the lumbosacral disc could be related to the disc wedged shape, and mostly to
the restricted kinematics of this joint deﬁned at the inferior CEP in lack of sacrum
representation. Actually, such restriction resulted in zero L5 VB translations (Fig
5.14) in all simulated cases of standing position.
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In terms of ISR (Table 5.6), larger anterior sagittal rotations of approximately 52%
at L1-L2, and 2% at L4-L5 were captured in standing when PR was not simulated.
For the levels at the midst (i.e., L2-L3 and L3-L4), posterior sagittal rotations of
around 15 and 6% lower magnitude were predicted, respectively. Such intersegmen-
tal variance probably justiﬁes the similar L1-S1 curvatures calculated in standing
with and without PR (Table 5.6). In fact, in spite of the functional and clinical im-
portance of the lumbar lordosis for the assessment of postural abnormalities, there
is no consensus among the scientiﬁc and clinical community on the most accurate
method of measurement and the establishment of a widely accepted range of values
for healthy spines ([318], [319], [320]). For the generic L1-S1 FE model that was
hypothesized to represent a healthy subject, the L1-S1 lordosis calculated using the
Cobb Method was equal to 30.33±0.01 (mean±SD among the cases). The calculated
lordosis correlated with [319] even though being slightly underestimated compared
to the cited study (33 to 89° for asymptomatic volunteers). The geometric limitation
of absent sacrum in the model has most probably aﬀected the calculations. Accord-
ingly, the general 3D orientation of the L1-S1 model considered as a reference for the
deﬁnition of the vertical gravity loads might have introduced some error on the angle
calculation and hence should be taken into account. Study of the IST translation
predictions (Fig. 5.14) showed a concentrated eﬀect of PR between L2-L3 that was
quantiﬁed as 19% anterior more translation of the L2 VB while the L3 moved to the
opposite direction by 21% compared to standing with PR.
Evaluation of the eﬀect of MS on the spine kinematics showed a 35% (L1-L2) and
5% (L4-L5) larger anterior sagittal rotation when muscles were not present, while
for L2-L3 and L3-L4, a smaller posterior sagittal rotation was calculated (Table 5.6).
It has been reported elsewhere that either the abdominal (spinal ﬂexors) and back
muscles (spinal extensors) as separate groups of muscles [321], or the relationship
between them [322] can be related to pelvis inclination and lumbar lordosis while in
upright posture. In the present model where no abdominal fascicles were included,
the results in upright standing between normal function (Case 1) and complete
muscle absence (Case 3) of back muscles revealed only a small eﬀect (0.03°) of MS
on the L1-S1 lordotic angle.
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In terms of IDP, the model in standing posture was less sensitive to muscle inclusion
than to disc swelling simulation. In standing without MS (Case 3), the maximum
pressure increase (about 3%) was calculated at L1/L2 (Fig. 5.10), whereas at L5/S1
no diﬀerence in the IDP value was predicted, apart from decreased L5 fascicle de-
formation (Fig. 5.7) and low stretch-induced activation (Fig. 5.8). In lying rest
position, however, muscle absence decreased the IDP by 15% at L1/L2 (0.11 MPa),
and by 7% at L3/L4 (0.13 MPa) (Fig. 5.11). At L4/L5, even though muscle function
was not found to aﬀect the disc pressure, the FE-driven IDP prediction (0.14 MPa)
laid in the measured range reported by [195] (0.10-0.24 MPa) for a volunteer with a
similar weight.
When the variations of the two factors (MS, PR) were combined (Cases 1, 4), the
results revealed an interesting behavior. For instance, in Case 1, IDP values from
L1/L2 to L4/L5 were 28-41% higher than in Case 4, where simple standing was
simulated without muscles and without previous disc swelling (Fig. 5.10). That is,
in Case 4 the low IDP calculated at most discs were far from reported experimental
measurements. In terms of vertebral rotation, 35% higher anterior sagittal rotation
at L1/L2 was captured compared to Case 1. Although such motion was compensated
by the backward rotation between L2/L3 and L3/L4 levels, a slight forward rotation
was also generated at L4/L5. The relative rotations in Case 4 were comparable to
Case 3 where PR was simulated (Table 5.6). Nonetheless, magnitudes were smaller
especially at the lower region principally because the spine was not subjected to the
additional translation induced by the swelling of the healthy discs overnight (Fig.
5.13).
As illustrated in Fig. 5.15, when standing with PR simulation (Case 1) was re-
peated using degenerated disc properties (Case 5), the mean disc pressure decreased
at all levels except for L5/S1, where it increased. That is, with muscles included
in the model, the eﬀect of altered disc condition on the L1-L3 IDP was quantiﬁed
as up to 19% lower values compared to the healthy disc simulation (Case 1). From
a geometrical point of view, mid disc heights at the upper levels slightly increased
in Case 5 (Table 5.8) following a tendency that was qualitatively similar to that of
IDP results: predictions in Case 5 were lower than in Case 1. Nevertheless, the disc
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height values of the degenerated discs were closer to the initial heights than the ones
of the healthy discs (Table 5.8). This was expected, since disc degeneration (grade
3) reduced the swelling capacity of these discs and therefore, despite the 8-hour sim-
ulated rest before standing, they were smaller compared to Case 1 and virtually less
hydrated. Between L3-L5, healthy discs continued their height increasing tendency,
while for the degenerated discs (grade 3, 4), the small mid height reduction from the
initial height predicted (Table 5.8) might have been due to the damage accumulation
at these levels. As such, the combination of caudal IDP increase (Fig. 5.15 left)
and higher muscle activation captured by the model close to L4-L5 (Fig. 5.17) was
suggested to act as the system's mechanism to overcome the altered disc mechanical
role and reestablish the spine stability while in standing posture. Indeed, as reported
in Table 5.7, muscles with longer fascicles covering several lumbar levels, such as the
superﬁcial MF and PS fascicles, were found to be more activated when degenerated
discs were simulated.
Analysis of the IDP results in lying position (Fig. 5.16 left) showed that, without
external loads, the discs with altered mechanical properties were not able to increase
the IDP to the levels achieved with healthy discs. Moreover, considering degenerated
disc behavior and total muscle absence, the disc pressure predicted at L4/L5 (grade
4) was 69% lower compared to its value for a healthy spine (0.14 MPa) (Fig. 5.16
right). That is, although the eﬀect of MS on the IDP of healthy discs was null (Table
5.5), when muscle absence was combined with disc degeneration, the model captured
a signiﬁcant impact on the internal load development in the studied postures.
Explorations with the full L1-S1 FE model addressed several of the limitations dis-
cussed in Chapter 4, such as the design of more pragmatic thoracic BC, and the ob-
vious need for the inclusion of upper level soft tissues. Actually, the multi-parameter
analysis performed in standing and lying posture was extended to explore also the
eﬀect of altered disc material properties on load transfer. Yet, consideration of for
example, realistic disc geometries, such as bulging or ﬂattened discs, is expected
to inﬂuence the biomechanical response predicted. Therefore, the results obtained
further highlighted the principal objective of this thesis: the need for P-SP models
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that include as many of the mechanical and biological aspects of the spine possi-
ble to address the understanding of the apparently critical interplay between disc
multiphysics and muscle function.
5.4.2 Patient-speciﬁc model
Unlike the generic model where symmetric bilateral contractions were predicted,
fascicle strain and activation proﬁles in the P-SP model were mostly asymmetrical
when standing was simulated (Table 5.9, Table 5.10). Increased fascicle shortening
was calculated for the left side of most dorsal muscles, and the active force values
were 31 and 20% higher than at the right side in standing with (Case 1) and without
PR (Case 2), respectively. For the LTpTh, the unilateral contraction predicted at
the upper levels (Fig. 5.19, Table 5.10) might reﬂect its role as an indirect ﬂexor
of the lumbar spine in agreement with previous studies (2.2.5.3.1). Still, analysis
of the centroid motion in Fig. 5.28 A, C revealed that the general asymmetry
of the fascicle response tended to reduce the load-induced lateral bending caused
by the geometrical asymmetry of the patient osteoligamentous spine. Such role of
the muscles had been previously suggested in the literature [323] and was further
supported in the present study by the augmented lateral bend of the lumbar spine
calculated when muscles were not considered (Fig. 5.28 A, Case 3). What is more,
in the latter case an added increase of the IDP was predicted at L1/L2 - L2/L3
(Fig. 5.25). Since the calculated disc height reduction was very similar between
Cases 1 and 3 (Fig. 5.30), stress analysis showed an increased NP expansion and
compression of the lateral AF when muscles were not simulated. That is, loads were
found to be transferred directly through the AF. Hence, the results allowed for the
interpretation that muscles might help to have functional load transfers through the
IVD and also to protect the AF.
With regard to the lumbar lordosis in standing position, results in Cases 1 and 3
showed a short dependance of the L1-S1 Cobb angle on muscle presence that resulted
in a 0.1% reduction of the lordotic angle. In this model, two geometrical limitations
should be taken into account for the interpretation of the obtained results: the
restricted motion of the L5/S1 joint applied in lack of sacrum and/or pelvis joints,
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and the absence of the major trunk ﬂexor group, i.e. the abdominal muscles. As
such, any variation of the lumbar lordosis captured in upright standing was explored
via the analysis of the L1/L2 and L2/L3 kinematics, and the action of the back
muscles expected to act as posterior sagittal rotators. Indeed, comparisons of the
sagittal ISR showed an alternating pattern of forward-backward bend among the
upper two levels (Table 5.12), such behavior being probably the reason for a rather
small change in the lordotic angle between Cases 1 and 3. A closer look on the
force predictions of the spinal extensor muscles revealed that, on one hand, the
highest loads were actually developed at L2/L3 and particularly by the MF (-2.4 N
approximately) and ILpL fascicles (about -1 N). From a biomechanical viewpoint,
since the line of action of the long MF fascicles lies behind the lordotic curve, such
increased loads could justify a small accentuation of the lordotic angle. On the
other hand, in absence of abdominal muscles, the calculated PS shortening and its
compressive forces between L1-L3 (Fig. 5.18) could be interpreted as a limited but
valuable representation of the opposing anterior sagittal rotation of the lumbar spine.
Whether the lordotic angle and pelvic tilt are aﬀected more by the action of muscles
in groups (i.e. ﬂexors-extensors) or their particular strength in separate is unclear
[318]. Similarly, the existence of a correlation between the lumbar lordosis shape and
back pain symptoms is also an ongoing debate ([324], [325], [326], [130]). Yet, with
all limitations in mind as well as the restrictive fact of studying only one patient
model, the predicted imbalance between trunk ﬂexors and extensors captured in
simulated standing could be considered as representative of the altered kinematics
of a degenerated lumbar spine. Moreover, the prediction of an increased lumbar
lordosis in the patient model compared to the healthy conﬁguration was in line with
the conclusions in [327].
In standing, disc pressure ranges in the patient model were generally higher than
those predicted with the generic model with non-degenerated IVDs, and the calcu-
lated inter-level IDP variations were diﬀerent (Table 5.5, 5.11). For instance, when
PR was simulated (Cases 1, 3), the highest disc pressure for the generic model was
predicted at L1/L2 (healthy), whereas in the patient model the peak was at L4/L5
(grade 4). In fact, between L3 and L4, the IDP in the P-SP spine was found to
increase in either of these cases (Fig. 5.25). At the upper lumbar spine, the IDP
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predictions conﬁrmed the suggestion that strong trunk muscles decrease the disc
pressure in upright standing. At L4/L5, however, the IDP was slightly increased in
the simulation with muscles (0.42 MPa) and was on the whole higher than at any
other level. The tensile loads predicted in the PS fascicles attached to the L4/L5
disc rim and the L4 VB (Fig. 5.19), as well as the anteriorly displaced NP favored
a forward ﬂexion that would compromise the upright posture of the trunk. Assess-
ment of the validity of such predictions for degenerated discs is delicate since the
multi-parameter nature of back disorders does not permit for an accurate deﬁnition
of the problem. Yet, in spite of the few direct measurements and the distinct clinical
history of the volunteers, the model's results at L3/L4 were within the SD of the
corrected2 data in [176] measured in volunteers with LBP symptoms and sciatica.
At L4/L5, the IDP prediction laid in the range2 reported by [328] for volunteers
with LBP and BW within 69-93 kg.
The predictions of overnight pressure increase conﬁrmed the great impact of altered
disc multiphysics on its strength and therefore its ability to sustain weight during
the activities following. For instance, the pressure exerted on these discs after rest
was 4-6 times smaller than in standing position (Table 5.11). Except for the L5/S1
IVD, the IDP increase at all remaining levels in the patient model was around 0.07
MPa, i.e. up to 54% lower al disc after a 7-hour rest, and it was in the range
of pressures recorded by Sato et al. [198] in lying prone than the corresponding
increase predicted in the generic model. Although comparisons with experimental
data should be deﬁnitely made with caution, the average increase computed was
half of the increase measured by Wilke et al. [195] in a normal discs with mild and
moderate degeneration. At the lumbosacral level, however, the IDP increase in the
IVD (grade 2) was 22% bigger than in the simulation with healthy properties. As
described previously in this chapter, a higher ∆pi was deﬁned for the grade 2 disc
(0.24 MPa) compared to a healthy one (0.15 MPa) as derived from the optimization
study of Malandrino et al. [281]. Should such hypothesis is representative of a
mildly degenerated IVD or a material artifact remains questionable. Based on the
calculations performed though, the disc clearly beneﬁted from the rest to virtually
2Nachemson retrospectively suggested a revision of the reported data in [176] and [328] claiming a
possible overestimation in the recorder pressures related to the technology of the transducer used in the
cited study. Corrected values were derived from [329].
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hydrate, and after 8 hours the IDP increase was almost 0.20 MPa, i.e. very similar to
the ∆pi applied at the beginning of the simulation (0.24 MPa). Indeed, calculation
of the ratios of the overnight pressure increase (Fig. 5.31) to the initial ∆pi showed
higher correlations in healthy (91-100%) than in the degenerated discs (77-86%).
When comparisons were performed without MS, similar behavior was seen but the
ratio values were generally smaller: 88-100% in healthy and 66-81% in degenerated.
That is, even though direct evaluation of MS via the IDP increase results showed
almost zero eﬀect (Fig. 5.31), these correlations revealed that in the P-SP model
overnight muscle action might have actually helped the IVD reestablish its pressure
before additional external loads are applied.
In standing with PR, the internal load distribution in the patient model with healthy
discs was generally altered in a similar way as in the generic model except for the
levels where high degeneration was present. In particular, at L4/L5 (grade 4), the
increased IDP predicted was constant independently of the disc material properties
used (Fig. 5.32 left). Muscle activation per level, in contrast, was signiﬁcantly raised
when discs were deﬁned as degenerated (Fig. 5.34). That is, because of the reduced
bearing ability of the severely degenerated discs, trunk muscles adapted their action
as to sustain the erect position of the trunk. In order to investigate also the eﬀect of
disc shape, comparisons between the patient and generic models with degenerated
disc properties were made. The results revealed that the thinner L3/L4 (grade 3)
increased the IDP in the patient model by 26%, while at L4/L5 where in addition the
disc was ﬂattened, the pressure increase was over 60% (Fig. 5.33). At the upper two
IVDs with heights similar to those of the generic discs (Table 5.13), IDP diﬀerences
were rather low. In other words, excluding the L5/S1 joint, the results proposed that
the importance of disc geometry on the intradiscal pressure in the standing position
was increased with the consideration of degenerated material properties from up to
downwards.
An overview of the predictions of active and total muscle forces showed that the
biomechanical behavior of the lumbar spine in upright standing can beneﬁt from
previous rest depending on both the functional and anatomical condition of the
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tissues (Fig. 5.35, 5.36). Speciﬁcally, the model of a healthy lumbar spine demon-
strated that disc swelling helped strengthen the discs so when standing followed,
less activation was needed to counterbalance the anterior external loads. The de-
generated spine, in contrast, was more challenged to oppose the gravity loads due
to both the altered biomechanics and the collapsed shaped of some of its discs. As
such, higher load transfer was produced at the upper levels using the trunk muscles
as to compensate the mechanical instabilities introduced by the L3/L4 IVDs and at
last protect the L5/S1 joint that would otherwise be overloaded. Such functional
interactions between the lumbar IVD multiphysics and the trunk muscle action cap-
tured by the models might be crucial for the understanding of the patterns in a
complicated system both anatomically and mechanically.
Finally, the major muscle modeling limitations should be also outlined. The method-
ology proposed tried to address as much possible the personalization of the model by
keeping the computational cost of the simulations at realistic levels. For instance,
elegant constitutive formulations have been previously proposed for 3D models of
skeletal muscles taking into consideration the fascicle curvature [258] or the time
eﬀects [261] for the stress and strain predictions. Nevertheless, such models include
an increased number of material parameters (14 and 13 per muscle, respectively)
that would be hard to control if applied to the simulation of the lumbar system.
In this thesis, the limited number of ﬁve parameters of the model was calibrated
against only one set of kinematical data collected in a hyperlordosis motion that
implied shortening of all fascicles. Even though the fascicle strains calculated in
standing position with the models were within the range of strain values used for
the calibration, further investigation of the ranges of the active parameter is consid-
ered necessary. Whether the model as it stands is able to represent realistic muscle
behavior under long-lasting loads remains also to be addressed. Furthermore, as
aforementioned, all P-SP simulations were carried out for one patient model. As
such, general conclusions on the role of geometry on the IVD-muscle interactions
should involve explorations on a larger cohort using the methodology proposed and
implemented in this thesis. At last, further explorations of the degenerated IVD
parameters, such as through in situ characterization and in vitro tests, as well as
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the consideration of subject-speciﬁc ligament properties would contribute towards
the full personalization of the models.
To sum up, the highlights of the results obtained in the simulations presented in this
chapter are:
 Full L1-S1 FE MSL models of both a generic and P-SP geometries were devel-
oped using and both healthy and condition-dependent tissue material proper-
ties.
 Proper convergence in the simulations of standing and lying in both models
demonstrated the robustness of the theoretical models used for the diﬀerent
passive and active tissues.
 Degenerated disc properties in the generic model resulted in up to 14 times
higher active force predictions in standing with PR and suggested possible
implications of the interplay between IVD multiphysics and muscle function in
low back disorders.
 Asymmetric fascicle activation with increased shortening of the left side fasci-
cles and a lateral bending of the trunk was captured in simulated standing in
the P-SP model.
 Improved correlations of the IDP predictions using the P-SP model and degen-
erated disc properties with previous in vivo measurements greatly contributed
towards the validation of the methodology proposed.
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Chapter 6
General conclusion and remarks
The methodology developed in the present thesis allowed for the very ﬁrst time an
explicit and rational exploration of the interactions between muscle function and
passive tissue biomechanics in the lumbar spine. To achieve this, a computational
approach based on the continuum mechanics theory implemented in FE analyses was
used. Through constitutive modeling, the basic mechanical properties of the muscle
extracellular matrix were coupled with muscle ﬁbers, modeled through a Hill-based
theoretical model suitable for the simulation of relatively large systems (Chapter 3).
For the IVD, solid and ﬂuid phases were combined using poro-hyperelastic formu-
lations for the matrix and additional ﬁber reinforcement for the AF and osmotic
eﬀects for the NP according to previous models ([302], [279]).
The proposed schemes were initially implemented for a 46-fascicle muscle network
coupled to a generic L3-S1 osteo-ligamentous FE model of a healthy spine. The
robust theoretical models used for the diﬀerent passive and active tissues allowed
proper model convergence with implicit FE solvers. In ﬂexion, the simulations cap-
tured activation of the trunk muscles to support the spine against excessive bending.
The IDP values calculated reproduced previous in vivo data showing the predictive
ability of the methodology. Results without muscles revealed up to six times lower
IDP values and ten times higher reaction moment at L3/L4. Such outcome was in
agreement with previous models that concluded that simulating muscles aﬀects the
disc pressure, even though there is still no consensus on whether it is by decreasing
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[310] or increasing its value [311]. Hence, further analyses were carried out exploring
the eﬀect of muscles on load transfers in other postures that involved compression
of the lumbar spine. Simulation of standing conﬁrmed that MS increased the IDP
to balance the eccentrically distributed compressive loads that represented body
weight, but results were underestimated compared to experimental data. When
rest was simulated prior to standing, higher IDP were predicted in line with in vivo
measurements reported in ([203], [202], [307]), which indirectly validated the method
proposed. Moreover, diﬀerent inter-level load transfers were computed with tensile
loads that were progressively higher from L3/L4 and down. Actually, during sim-
ulated night rest, the disc pressure realistically built up and induced an increased
activation of the muscle fascicles especially at L3/L4. This was a result of the cu-
mulative eﬀect of disc swelling from the L5/S1 to the L3/L4 IVD that increased
the stretch of the upper fascicles. These simulated eﬀects of previous rest suggested
the existence of functional interactions between the IVD multiphysics and muscle
activity.
To conﬁrm such predicted interplay, eﬀorts were directed towards the development
of full LS MSL models with generic and P-SP geometries using both healthy and
condition-speciﬁc disc properties. Predictions in standing for a generic 94-fascicle
L1-S1 FE model with healthy IVD properties reproduced most of the patterns seen
for the L3-S1 assembly, such as the posterior sagittal rotating action of the back
muscles, or the decrease of the IDP when muscles were not simulated. Nonetheless,
in standing without PR, the load distributions at the lower lumbar levels and the
action mainly of the global muscles was diﬀerent than in the L3-S1 model. For
instance, the activation of the PS was larger when the whole lumbar spine was
modeled and tensile loads were developed at all levels. Such action was favoring the
ﬂexion of the trunk between L3 and L5 since the PS fascicles at these levels were
under shortening, whereas at the upper levels the fascicles were mainly opposing
the motion. The IST results further highlighted the importance of previous disc
swelling that reduced the activation needed to mechanically stabilize the lumbar
spine. In particular, the increased activation predicted at the upper levels seemed
to mechanically protect the lower levels that would otherwise bear extra loads.
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Moving one step forward, the study of the inﬂuence of the IVD function was ex-
tended by simulating altered disc conditions combined with healthy disc geometries.
Notably lower IDP results with degenerated disc properties along with up to tenfold
higher active forces in standing with PR showed that the aforesaid relation between
IVD multiphysics and muscle activity might have strong implications in low back
disorders. Further coupling the 94-fascicle network with a P-SP FE model that
represented an adult patient with LBP enhanced the understanding of the IVD-
muscles relation under degenerated condition. In standing with PR, signiﬁcantly
higher IDP values were calculated at the levels with moderate and severe degener-
ation (L3/L4, L4/L5) compared to the results of the generic model and healthy in
vivo measurements ([203], [202], [307]). Similar to what happened with the generic
model geometry, the reduced swelling capacity of the discs was related to an overall
increase of the muscle activation needed to balance the gravity loads that tended to
ﬂex the P-SP spine model. The predicted asymmetrical contraction of trunk mus-
cles in the patient model in standing correlated with the EMG-driven estimations in
neutral posture in [240], and a left lateral bending and important IST in the frontal
plane were calculated. When the eﬀects of MS and PR were analyzed together, an
augmented ISR was predicted especially at L1/L2, along with reduced disc pressures.
Similar to the generic model, disc condition was found to decrease the IDP values
at the levels with mild degeneration in the P-SP model. However, at L4/L5 where
severe degeneration was present, the IDP was barely aﬀected. Comparisons with the
IDP values predicted for the generic model with degenerated disc properties showed
a clear impact of the disc geometry: the IDP in the ﬂattened disc of the patient
model at L4/L5 was more than 60% higher (Fig. 5.33). Importantly, whether the
geometrical asymmetry of the osteoligamentous spine and/or the increased lumbar
lordosis in the P-SP model could also aﬀect the IDP in a severely degenerated disc
(grade 4) needs further explorations in a larger number of patient models.
All in all, the approach proposed and the ﬁrst results achieved in this thesis clearly
paved the way to investigate the underexplored so far idea that muscle function and
disc degeneration might inﬂuence each other. As such, it can eventually contribute
to a deep revision of the LBP treatments and assessment thereof. The method was
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adopted to analyze for the ﬁrst time the MSL LS and stands for a novel and com-
putationally aﬀordable approach for the advanced prediction of spinal loads using
continuum mechanics theories. Considering the current SOTA of computational ex-
plorations (2.3.2), the present study achieved to address several limitations of the
latest LS MSL models reported. For instance, thanks to the predictive ability of
the constitutive formulations, muscle and intersegmental loads could be calculated
under any deformation using an active model with a limited number of parameters
that took into account the muscle mechanical characteristics and did not require
the knowledge of kinematical data. In combination with the FE technology, this
approach enabled the modeling of deformable IVDs and its multiphysics by con-
sidering factors such as altered disc geometry and degenerated material properties.
Indeed, the challenge of a fully personalized model of the degenerated IVD has not
been completely achieved since additional experimental (in vitro and in situ) and
modeling explorations are required for better descriptions of the altered mechani-
cal behavior. Still, the obtained outcomes allowed the ﬁrst educated considerations
about the interplay between muscle activity and IVD mechanical competence, high-
lighting possible serious consequences of muscle weakness along disc degeneration,
and the importance of night rest on the LS internal and functional biomechanics,
which had not been reported previously.
Explorations of a larger number of models with diﬀerent LS geometries, disc degen-
eration proﬁles and diverse anthropometric and occupational data could allow for
advanced classiﬁcations of patients based on internal biomechanics descriptors that
might be of clinical interest. Moreover, the ability of the IVD and muscle models
to be optimized using dynamic MRI [28], in vitro [281], or elastography techniques
[115] opens the path for fully personalized analyses not only geometrically but also
mechanically. An application could be for instance via the prototype computing
platform developed in the framework of the EU-funded Project My SPINE. The
platform performs simulations using P-SP models with the aim to quantify the tis-
sue load distributions and help clinical decision on the most adequate treatment,
invasive or not.
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